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Introduction 
Annually, over 400,000 artificial joints are implanted worldwide. This widespread use 
suggests that joint replacement is a successful treatment, which is the case indeed. It 
provides quick relief of pain and rapid mobilization to patients suffering from severe 
arthritis, arthrosis or complicated joint fractures. However, a joint replacement does 
not endure forever. As far as hip implants are concerned, after 10 years in use some 
10% of the implants have to be replaced (Ahnfelt et al. 1990). This percentage 
depends on patient characteristics, disorder and type of implant. In general, the 
prospects for younger or weightier patients are worse: among patients aged about 30 
at the time of operation, one third of the implants requires revision after 10 years 
(Salvati 1988). As a consequence, there is continuing research to enhance the service 
life of an artificial joint. Assuming that the patient can hardly be changed (although 
weighty or highly active patients might be persuaded to adapt their habits), the 
attention focusses on the implant itself. 
The artificial hip joint has a long history of over 100 years. Yet, since it was first 
mentioned (Gluck 1891) the appearance of the femoral part has hardly changed. Like 
then, the femoral component still is little more than a metal head mounted on a 
tapered metal stem, which is inserted into the intramedullary cavity after the femoral 
head and neck have been resected. It illustrates that the development of the artificial 
hip joint has been and is a gradual process, which follows a narrow path. All attempts 
until now to leave this path (such as the idea of only resurfacing the femoral head, 
see Strens 1986) turned out to be failures. 
The tapered stem is characterized by its geometry, its material properties and the 
bonding conditions to the surrounding bone. In the past 100 years, each of these 
characteristics has been varied during the gradual process of improving the 
performance of prosthetic designs. At present, two main categories of hip 
replacements exist: cemented and cementless designs. Cemented designs rely on a 
layer of polymethylmethacrylate (bone cement) between bone and prosthesis for their 
fixation inside the medullary canal. They were introduced in the sixties, and due to 
their excellent short-term and mid-term results they almost completely replaced the 
cementless hip stems that were exclusively used up till then. However, their long-term 
results, particularly in young patients, were not so good, which led to renewed 
interest in cementless prosthetic designs. Since the performance of these newer 
cementless designs does not yet meet the high expectations, many attempts were 
aimed at improving the prosthetic design (Rothman and Conn 1990). Since the 
geometry of a cementless hip stem is largely determined by the bone geometry and 
can therefore be considered more or less fixed, design improvements must arise from 
variations of the material properties or the bonding conditions. Because the fully 
bonded condition is probably the most favorable one (Bobyn et al. 1992), variations 
of the prosthetic material properties seem a very appropriate way to improve the 
performance of cementless prostheses. 
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Paradoxically, the relative success of hip arthroplasty may be one of the largest 
obstacles to its further improvement. Due to the already long service life of a 
prosthesis, it may take ten years or more to find out whether a new development 
influences the failure rate significantly, and to see its benefits or drawbacks. One must 
therefore rely on experimental methods that enable an earlier assessment of design 
adaptations. One of these methods is the Finite Element Method (FEM). Obviously, 
one must first define sensible design objectives, which the prosthesis should answer. 
These objectives can be used to compare different designs and improve their probable 
performance. Since the FEM is a mathematical method, the complete process of 
generating designs, comparing their probable performance and improving the design 
can be formulated as a mathematical optimization process and carried out by a 
computer. Usually, a cementless hip stem is made from a homogeneous material, 
which means that the elastic properties have a constant value throughout the stem. 
Only one relevant variable exists, which is the material stiffness or Young's modulus. 
Hence, the 'design space' is quite small. The design space will increase significantly 
when a material would exist with a non-homogeneous distribution of the elastic 
properties. Since the FEM-method allows to generate and analyze prosthetic designs 
that do not necessarily exist, we can assess the possible benefits of such a material 
without having it at our disposal. In this thesis, we try to assess the probable benefits 
of such a material for the performance of cementless prosthetic designs by optimizing 
the non-homogeneous distribution of the elastic properties inside a cementless 
prosthesis. 
Structure of the thesis. 
[n chapter 1, a compilation of current knowledge on cementless prosthetic failure as 
far as related to mechanical causes is given. This chapter leads to the formulation of 
sensible objectives for the design of cementless hip stems. One of these objectives is 
to limit the amount of proximal bone loss. Chapter 2 addresses the question whether 
the directly post-operative distribution of the bone stresses contains sufficient 
information to assess the amount of bone loss. It would enable an easy-to-evaluate 
mathematical formulation of this design objective. In chapter 3, a numerical design 
aptimization scheme is presented, together with the mathematical formulation of the 
design objectives. In the next two chapters (4 and 5), the mathematical formulation 
of the design objectives is gradually refined. In each of the three chapters 3, 4 and 
5 the optimization scheme is used to generate optimized material properties. The 
complexity of the FEM-models that are used is gradually increased from a simplified 
2-D model of a bone-prosthesis configuration (chapter 3) and a more realistic 2-D 
model (chapter 4) to a 3-D model (chapter 5). This gradual increase serves to obtain 
good insight in the problem and relevant parametric effects. 
Because of its importance for the clinical success of cementless prosthetic designs, 
the potential of FEM-models for the analysis of dynamic movements at the interface 
between bone and prosthesis is investigated in chapter 6. Yet, the application of these 
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latter results for the optimization of stem material properties will have to wait for 
another occasion. 
The final chapter (chapter 7) is the counterpart of this introduction. It discusses 
the significance of the results with respect to the central question. In addition, it 
discusses what future research is necessary for a better understanding and prediction 
of cementless prosthetic failure, and the possible implications for the results of 
chapters 3 to 5. 
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Chapter 1 
Mechanical factors governing the success 
of cementless hip arthroplasty 
Introduction. 
Before the introduction of bone cement in 1958, cementless prostheses were used 
exclusively. At that time, there were two reasons for introducing bone cement. 
First of all, it distributed the stress at the bone/prosthesis interface, thus preventing 
local stress concentrations and bone necrosis. Secondly, it reduced pain by 
stabilizing the prosthesis relative to the bone. Using bone cement turned out to 
induce a drastic improvement of hip arthroplasty and subsequently paved the way 
for widespread routinely performed hip replacement surgery. Hip arthroplasty has 
since evolved to a very successful surgical procedure. In a recent Swedish 
multicenter study, Ahnfelt et al. (1990) showed that, provided a 'good' prosthetic 
design is chosen, after 10 years some 90% of hip replacements is still functional. 
Monocenter studies give 10 year survival rates as high as 97.3% (Agins et al. 
1988). These long-term results were obtained using 'traditional' cementing techni-
ques. Since the end of the seventies, cementing technique has been improved by 
employing, for instance, lavaging and drying of the femoral canal and using a 
cement gun. Using these 'contemporary techniques', Russotti et al. (1988) 
reported no revisions in a group of 251 hips that had been followed for a mean 
period of six years. 
Although very successful for the average patient, there are some groups of 
patients (the younger and weightier) for whom the result of cemented arthroplasty 
is less auspicious. On the average, after 10 years one fifth of the prostheses had to 
be removed from patients at an age of about 50 at the time of operation and one 
third had to be removed from patients at an age of about 30 (Salvati 1988). As 
younger patients are more active, they impose higher loads on their prostheses. 
Weightier patients load their prosthesis more, too. It is therefore logical to 
associate implant failure with higher mechanical loads. Whether contemporary 
cementing techniques provide a solution for this problem is as yet uncertain. The 
patients in Russotti's study (1988) were 22-90 years old, and no one needed a 
revision. 
The success of cemented arthroplasty notwithstanding, cementless techniques 
evolved as well. The main impulse was the imminent long-term mechanical 
loosening rate of the early cemented implants, and the complicated revision 
surgery. Typically, after 10 years some 30% of the implants were reported 
radiographically loose (Stauffer 1982). Radiographic loosening is considered a 
precursor to mechanical loosening. Many prostheses were therefore on the verge 
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of becoming mechanically loose, which would necessitate revisions. The actual 
revision rate at 10 years was 6%, which does not substantially deviate from the 
Swedish multicenter study of Ahnfelt et al. (1990). Although the revision rate did 
not turn out so high after all, and probably will decrease even further through the 
use of contemporary cementing techniques, the development of cementless 
implants was started. And despite the reduced revision rates of cemented 
prostheses, cementless prostheses are still regarded as viable for especially the 
younger and more active patient. 
The modem cementless hip implants have been used during a relatively short 
period of time only. Clinical experience, therefore, is limited. In this short period 
a large number of designs, based on various concepts, have been marketed, which 
makes the clinical experience very diverse (Huiskes et al. 1989, Rothman and 
Cohn 1990). Moreover, as a rule of thumb, prostheses perform better when placed 
and evaluated by their designers (Rothman and Cohn 1990), which makes it diffi-
cult to generalize their conclusions. It is therefore difficult to draw a general 
picture of problems associated with these cementless prostheses. Nevertheless, 
there are three (groups of) problems which are frequently mentioned in the 
literature, and they seem to be related to mechanical factors. 
The first group of problems originates from the bone/implant interface. These 
problems express themselves in the form of pain, during the first two years post-
operatively ('midthigh pain') as well as later. Commonly, the origin of these 
problems is searched for in microfractures or stress concentrations in the bone or 
micromovements between bone and prosthesis (Huiskes et al. 1989, Wykman et 
al. 1991). This problem is of major concern. Authors comparing cemented and 
cementless prostheses (Ritter et al. 1986, Wykman et al. 1991) designate this pain 
(next to limping) as a major disadvantage of a cementless prosthesis. Mind that it 
was precisely this problem that led to the introduction of bone cement! 
The second problem concerns the resorption of bone around the proximal part 
of the prosthesis, probably because the relatively stiff prosthesis reliefs the bone 
load (Engh et al. 1988, Lord et al. 1988). Contrarily to the first problem this is a 
potential one, since the patient does not feel any pain. But gradually the bone 
weakens and the probability of fracture becomes larger. And if the prosthesis must 
be replaced (e.g. due to inflammation) the new prosthesis has to be put into a bone 
of poor quality: a bad starting-point. 
The third problem concerns the prosthesis itself: it can fracture (Engh et al. 
1990, Lord et al. 1988). Engh et al. (1990) mention two reasons for stem fracture. 
The first one is weakening of the prosthetic material due to modifications of the 
prosthesis after it was received from the factory. The second reason is extensive 
proximal bone resorption which leaves the prosthesis supported only distally and 
can lead to a classic cantilever bending failure. This mechanism will be addressed 
where it has its roots: in proximal bone resorption. 
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The next two sections will demonstrate that these problems, bone resorption 
and stem fracture on the one hand, and interface problems on the other, pul 
conflicting demands to the design of a cementless prosthesis. 
First, however, it is useful to classify the types of cementless prostheses and 
their mechanical behavior. A good classification of cementless types is one 
between press-fitted and bone-ingrowth prostheses. Essentially, a press-fitted 
prosthesis is a loose prosthesis. A medullary cavity is made, into which a good-
fitting tapered prosthesis is put. After loading, the prosthesis will be squeezed into 
the bone: a press fit develops. The second type is the (porous, fiber or hydroxy-
apatite coated) ingrowth prosthesis. These prostheses are coated with small metal 
particles or metal fibers that provide a bed for bone ingrowth, or with a calcium-
phosphate that induces bone apposition. In this way the prosthesis is supposed to 
become firmly attached to the bone. Naturally, it takes some time before ingrowth 
or apposition occurs (at least 1-2 weeks, Spector 1988). Until then, the prosthesis 
behaves like a press-fitted one. 
A second classification of cementless prostheses can be made with respect to 
their actual fixation. Engh et al. (1989) discern three different groups. The first 
group consists of prostheses in which ingrowth occurred, and which therefore can 
be considered fixed. The second group consists of prostheses having a stable 
fibrous tissue encapsulation. This tissue typically is highly organized with parallel 
collagen fibers (Kozinn et al. 1986). When present around porous coated implants, 
these fibers often run perpendicular or oblique with respect to the implant, sugge-
sting a load-transmission capacity (Cook et al. 1988, Pilliar et al. 1986). The third 
group consists of prostheses having an unstable fibrous tissue encapsulation, with 
persistent subsidence and resorption of bone at the interface. The prosthesis is 
grossly loose and often causes pain (Albrecht-Olsen et al. 1989, Spector et al. 
1990). The border between the second and the third group is vague. Spector et al. 
(1990) point out that 'stable' fibrous tissue always contains a lining of cellular ele-
ments (for instance macrophages) at the surface of the implant. These elements can 
be activated (by for instance motion, particles or metal ions) to release agents that 
stimulate bone resorption and pain, and therefore the stable tissue really should be 
called 'meta-stable'. 
Stress shielding. 
One of the problems that occur when using a cementless femoral prosthesis is the 
loss of bone around the proximal part of the prosthesis (Engh et al. 1988, 1992; 
Haddad et al. 1990). Using roentgenograms, Haddad et al. (1990) report 
'significant remodeling' around approximately 35% of the prostheses. With the 
same method, Engh et al. (1988) found resorption of 'potential clinical con-
sequence' around 18% of the prostheses. It should be appreciated that traditional 
roentgenograms are unsuitable to accurately determine net changes in bone mass of 
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less than 30% (Engh et al. 1988). Therefore these incidence rates are not decisive. 
Steinberg et al. (1991), using dual-energy X-ray densitometry, found an average 
loss of 50% of the femoral cortex 7 to 14 years after surgery. Engh et al. (1988) 
mention two potential consequences of bone resorption. Firstly, when revision of 
the prosthesis has to be performed, the remaining bone stock could fragment 
during removal or provide poor support for revision. Secondly, the implant gra-
dually becomes more supported distally and less supported proximally, or in other 
words, the load transfer from prosthesis to bone is shifted distally. This imposes 
larger mechanical demands on the implant, eventually leading to stem fracture. 
Besides modifications made to the prosthesis after it was received from the fac-
tory, this seems the main mechanism for stem fracture (Engh et al. 1990, Lord et 
al. 1988). The incidence rate is fairly small: Engh et al. (1990) attribute the 
failure of one out of 891 stems to this mechanism, and Lord et al. (1988) that of 
12 out of 1807 stems. The shift to distal load transfer does not only alter the load 
on the stem, it also changes the load on the interface of bone and prosthesis (Huis-
kes et al. 1988). This mechanism can increase the load on the bone/implant inter-
face, which could lead to its rupture (see also page 26). 
The source of bone resorption is frequently sought in bone remodeling due to 
stress-shielding (Huiskes et al. 1989). After implantation of a relatively stiff 
prosthesis, the joint load is partly carried by the prosthesis, thereby shielding the 
bone from the load. One sign pointing in this direction is that proximal bone re-
sorption occurs far more often around prostheses having a thick stem, hence 
around more rigid prostheses. Engh et al. (1988) observed that 28% of the patients 
provided with a thick stem showed bone resorption of potential clinical consequen-
ce, whereas only five per cent of the patients with a thin stem showed this resorp-
tion. Comparing similar stems with different Young's moduli, Bobyn et al. (1990) 
found that more bone had been resorbed around the stiffer stems. 
The consequences of the implantation of a prosthesis that is stiff relative to the 
surrounding bone can be demonstrated with a Finite Element (FE) model of a very 
simple description of a femur with prosthesis (Huiskes et al. 1987; Fig. 1). The 
prosthesis is loaded with a bending moment, as this gives a good representation of 
the way the load is transferred from prosthesis to bone (Huiskes 1990). Figure 2 
shows the bending stresses in the bone surrounding the prosthesis, whose stiffness 
is about 10 times that of bone (hence comparable to cobalt-chromium). These 
bending stresses provide a good measure of the bone load and therefore give an 
indication of the bone resorption that is to be expected. Going from proximal to 
distal, the bending stresses gradually rise until they reach a constant value at the 
prosthetic tip. The bending stresses would have had this constant value along the 
entire length of the bone if the prosthesis were absent. The load reduction and the 
expected resorption rate are therefore substantial. A prosthesis with a stiffness five 
limes that of bone (comparable to a titanium prosthesis) causes less stress reduction 
(Fig. 3) and will generate less bone resorption. An iso-elastic prosthesis, having 
the same stiffness as bone, hardly causes stress reduction (Fig. 4). The bending 
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bone 
prosthesis 
Figure 1 Simplified model of a bone-prosthesis 
configuration. The prosthesis is loaded with a 
bending moment. 
Figure 2 Parallel or bending stresses inside the 
bone around a prosthesis whose stiffness is 10 
times that of cortical bone (hence equivalent to 
Cobalt-Chromium). 
О /^v 
Figure 3 Parallel or bending stresses inside the 
bone around a prosthesis whose stiffness is 5 
times that of cortical bone (hence equivalent to 
titanium). 
Figure 4 Parallel or bending stresses inside the 
bone around a prosthesis whose stiffness is 
equivalent to that of cortical bone. 
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stresses reach their natural level already proximally. 
The mechanism causing the resorption of bone has been largely unraveled. 
Bone is no static, unchanging material. Continuously, bone material is removed 
and new material is added (see Chapter 1 and Chapter 5 of Martin and Burr 1989). 
As long as both processes counterbalance each other, the net amount of bone 
remains constant. A shift of the balance makes one of the processes dominate the 
other, and consequently the net amount of bone decreases or increases. One of the 
factors which influence the balance is the mechanical load on the bone. An incre-
ase of bone load causes an elevation of the net amount of bone, whereas a 
decrease of bone load causes a reduction of the net amount of bone. In other 
words, the net amount of bone is adapted to the mechanical load. The process is 
therefore called adaptive bone remodeling (Huiskes et al. 1987; Martin and Burr 
1989, chapter 6). In a qualitative sense, the process was described already more 
than hundred years ago by Wolff in his famous law (Wolff 1892). However, when 
evaluating or developing implants, a qualitative description does not suffice. 
Instead, one wants to know how much bone loss will be induced by a specific 
prosthetic design, and whether this bone loss is tolerable. The answer to the first 
question has come in sight through the use of mathematical formulations of the 
remodeling process (Carter et al. 1987; Huiskes et al. 1987, 1989, 1992; Weinans 
et al. 1992a, 1992b). These models predict that some resorption will always occur 
around fixed cementless stems. The best one can achieve is to limit the amount of 
bone loss. This brings us automatically to the second question: to what extent 
should bone loss be limited? When going through the literature, it seems that the 
only answer given to this question is the obvious 'as much as possible'. As will be 
shown later, 'as much as possible' will be mainly limited by the level of the inter-
face stresses one accepts. 
It should be appreciated that bone resorption due to stress shielding is chiefly 
reported with cementless prostheses that are fixed by bony ingrowth. Press-fitted 
prostheses can act like a wedge, and can generate considerable hoop stresses. In 
principle, these stresses should suffice to prevent bone loss, and indeed press-fitted 
prostheses have been observed to serve for long periods without bone loss (Murp-
hy et al. 1984). However, the result of these devices relative to bone resorption 
tends to be rather unpredictable (Sumner et al. 1991). The average resorption rate 
of press-fitted prostheses may be less than that of ingrown prostheses, but the 
range is much larger, probably leading to more cases with 'potential clinical conse-
quence'. An endosteal hypertrophy can develop at the tip of the prosthesis, leading 
to distal load transfer and reducing the proximal hoop stresses. This mechanism 
then causes severe proximal bone resorption after all (compare v. Rietbergen et al. 
1993). 
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Interface reactions. 
The interface of bone and implant plays an important role where complications 
with cementless prostheses are concerned. The group of interface problems 
consists of three separate clinical problems, that all manifest themselves in the 
form of pain. First, the features of these problems will be described, and after that 
the causes (as far as related to mechanical factors) will be addressed. 
The first problem is commonly described as midthigh pain. It is a 'dull, aching 
sensation' (St. Ville et al. 1990), mostly felt at the level of the distal end of the 
stem, especially after an activity like walking. It starts directly post-operatively and 
it typically disappears after about two years (Wixson et al. 1991, Wykman et al. 
1991) or at least its frequency and severity decreases (Engh et al. 1989). It can be 
very intense, necessitating the use of cratches or analgesics (Wykman et al. 1991), 
but normally does not require analgesic medication (Engh et al. 1989). Midthigh 
pain is a common complaint. Depending on the type of prosthesis (and the 
investigator!) 15% (Engh et al. 1989, Lord et al. 1988) to 40% (Wykman et al. 
1991) of the patients are reported to feel this pain. 
The second problem is the failure of achieving a long-term stable bone/implant 
interface. The dominant effect on the patient is pain, and roentgenographically it 
shows itself as continuing subsidence. It often leads to the removal of the prosthe-
sis, which is quite easy as it appears grossly loose (Albrecht-Olsen et al. 1989, 
Jakim et al., 1988). This problem is reported for press-fitted prostheses (Albrecht-
Olsen et al. 1989, Jakim et al. 1988, Wykman et al. 1991), for ingrowth-
prostheses where ingrowth failed (Engh et al. 1989, Lord et al. 1988, Haddad et 
al. 1990) and for ingrowth-prostheses where ingrowth did occur but the bone at 
the interface fractured (Bragdon et al. 1991). The incidence rate of this problem 
depends strongly on the type of prosthesis and ranges from 10-15% at nine year 
follow-up (Albrecht-Olsen et al. 1989, Engh. et al. 1990) to 30% at about three 
year (Jakim et al. 1988). 
The third problem is severe pain despite a stable interface (Bragdon et al. 
1991, Collier et al. 1988, Cook et al. 1988), also leading to removal of the 
prosthesis. It is only reported with ingrown prostheses, as these are the only 
prostheses that can definitely be called 'stable' (Spector et al. 1990). Alas, the 
incidence rate of this problem is not mentioned in the literature. 
Midthigh pain might be considered a mild and passing form of the other two 
problems. Compared to midthigh pain, the other two interface problems are much 
more serious, because they often lead to removal of the prosthesis. When regarded 
closer, it appears that two phenomena control these interface problems: pain and 
interface failure (i.e. loosening or instability). Knowledge of the causes of these 
two phenomena will clarify the three problems. 
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Pain. 
The sources of pain are commonly sought in mechanical factors, like stress 
concentrations or microfractures in the bone or micromotions of the prosthesis 
relative to the bone (Huiskes et al. 1989, Wykman et al. 1991). There are strong 
indications that support this assumption. 
Collier et al. (1988) found a clear indication for the existence of micromotions 
and stress concentrations at the tip of the prosthesis: a significant proportion of 
retrieved prostheses had their (uncoated) tip burnished. This happened to ingrown 
as well as non-ingrown prostheses. It suggests that the prosthetic tip is rubbed 
against the surrounding bone. 
Kulme et al. (1990), comparing bone scintigraphy and hip scores of patients 
having cementless press-fitted prostheses, found more bone scan activity in patients 
with more pain. Moreover, patients having the transient midthigh pain had 
decreased bone scan activity with decreased pain. Bone scan activity is associated 
with increased bone turnover rates (Holder 1990), which could relate to increased 
local bone remodeling due to microfractures (Burr et al. 1985), or high stresses or 
strains (Huiskes et al. 1989). 
Engh et al. (1989) split their patients into two groups: those having a prosthesis 
showing roentgenographic evidence of bone ingrowth and those having a prosthesis 
in which ingrowth failed. In the first group pain is reported by 7% of the patients 
whereas in the second group it is reported by 34%. This supports the role of 
micromovements and/or interface stresses. 'Loose' prostheses will certainly exhibit 
more micromotion, and a Finite Element Method (FEM) study comparing loose 
and bonded prostheses (Huiskes et al. 1989) suggests higher interface stresses 
around loose prostheses. 
Skinner et al. (1990), comparing three different ingrowth prostheses, found 
significantly higher pain scores with increasing flexural rigidity (EI) ratio of bone 
and prosthesis, normalized by patient weight. This again points to the importance 
of interface stresses. Altering only the prosthetic stiffness in a FEM-model Huiskes 
et al. (1989) demonstrated that the peak interface stress at the prosthetic tip 
decreases with decreasing prosthetic stiffness. 
The mechanism that transfers the mechanical factors into pain is as yet unclear. 
Heimke et al. hypothesize the stretching of the periosteum due to hoop strains. St. 
Ville et al. (1990) point to nerve fibers accompanying blood vessels in the osteons 
that can be subjected to localized stresses, strains or fractures. Spector et al. 
(1990) mention motion as a signal for macrophages at the bone/implant interface to 
release inflammatory agents that provoke pain. 
Notwithstanding the many questions surrounding the subject of pain one can 
safely assume that it is desirable for a prosthesis to avoid stress concentrations and 
excessive motions. However, it will be very difficult to attain clear bounds, like 
what would be the maximum allowable stress or strain or motion. Perhaps a 
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comparison with cemented prostheses, where these problems are virtually unknown 
(Ritter et al. 1986, Wykman et al. 1991), can provide a range. 
Interface failure. 
Interface failure (i.e. loosening or instability), has three aspects that should be 
discerned. The first one is failure of achieving stability, the second one is failure 
of a meta-stable interface and the third one is failure of a stable interface. 
Failure of achieving stability is often associated with movement at the bone/im­
plant interface and gaps between bone and implant (Spector 1988, Sumner and Ga­
lante 1990). In addition, it is proposed that high interface stresses may prevent the 
achievement of stability. The idea is that these stresses immediately break the bond 
between bone and implant, were it to form. Many animal experiments have been 
performed in this field, concentrating on factors that promote and suppress bone 
growth into porous surfaces or bone apposition to smooth surfaces. 
Firstly, these experiments have shown that bone ingrowth in the absence of 
gaps or movement takes about three weeks to obtain a full strength interface 
(Cameron et al. 1976, Galante et al. 1971). This strength depends on the type of 
bone surrounding the implant. When it is trabecular bone, failure typically occurs 
inside the bone, and the interface strength is therefore determined by the bone 
strength (Galante et al. 1971). When it is cortical bone, failure takes place through 
the interface. Up to pore volumes of 50% inside the coating the interface strength 
is about equal to the product of pore volume fraction and cortical bone strength 
(Cook et al. 1985). At higher pore volumes the coating itself fails (Cook et al. 
1985). Regarding bone apposition to smooth implants, the results are more 
diverse. Some authors have found bone apposition and load bearing capacity after 
12 weeks (Albrektsson et al. 1987), or at least bone apposition (Carlsson et al. 
1988), whereas Thomas et al. (1985) only found fibrous encasement of the 
implant, even after 32 weeks. 
Secondly, provided the absence of interface motion, bone growth gradually 
bridges gaps between porous implants and bone in the range of 1-2 nun, although 
this may take about three months (Cameron et al. 1976, Sandborn et al. 1988). It 
will not bridge gaps of 0.85 mm between smooth surfaces and bone, even not after 
12 weeks (Carlsson et al. 1988). Thomas et al. (1987) saw bone filling 0.75 mm 
grooves in smooth implants, although a thin layer of fibrous tissue kept the bone 
separated from the implant surface. 
Thirdly, micromovements of 150 μπι or more at the interface prevent the bone 
from growing into a porous surface (even in the absence of gaps) whereas 
micromovements of 40 μπι or less do not prevent ingrowth (Burke et al. 1991, 
Pilliar et al. 1986). These movement ranges are amazingly small. To give an idea, 
the typical size of bone trabeculae is 0.5-1 mm, the size of osteoclasts (the bone-
removing cells) is 30-100 μχα and osteoblasts (the bone-formation cells) measure 
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about 15 μχα. Smooth implants will probably never acquire bone apposition in the 
presence of movement (Brunski 1988). Whenever ingrowth or apposition is 
prevented (whether by gaps or movement) fibrous tissue is found encapsulating the 
implant and invading the pores. 
Summarizing, these experiments teach us that micromotion as such does more 
harm than the presence or absence of gaps, although gaps may lead to more 
micromotion. However, one should remember that an animal is not a human! The 
metabolic rate of the average laboratory animal is much higher than that of men. 
Consequently, in human beings ingrowth and gap bridging will take a substantially 
longer period than the time determined in animals, mentioned here. When gap 
bridging in humans takes six months or one year, instead of three months, the 
effects of gaps could well be much more harmful than these animal experiments 
suggest. 
Smooth stems in humans behave in accordance with these animal experiments. 
Completely smooth implants (Kozinn et al. 1986) and even the smooth distal parts 
of proximally coated and ingrown implants (Collier et al. 1988, Cook et al. 1988) 
are always surrounded by a fibrous tissue. 
However, where porous coated implants are concerned, relating these 
experimental findings to clinical experience proves less decisive. Following 
implantation, gaps and movements always exist. Even after precise insertion, 
contact between bone and implant is scattered, and gaps up to 3 mm always exist 
(Noble et al. 1988, Schimmel et al. 1988). In addition, the implant is essentially 
loose after insertion. Its shape keeps it in place, but there is no junction between 
bone and implant. Micromotions between implant and bone are opposed by 
frictional forces only. So one may well assume that, upon loading, 
micromovements will always be present. The resistance to these motions is often 
summarized as 'initial stability'. 
The animal experiments lead to the conclusion that micromotions seem to cause 
more harm than gaps do. Concentrating on these movements, many experiments 
have been performed to assess the initial stability of various prosthetic designs, 
mainly press-fitted ones (Ebramzadeh et al. 1988, Schneider et al. 1989, Sharkey 
et al. 1991). Unfortunately, most of these experiments do not measure the right 
parameters. Taking a functional prosthesis, the amount of micromotion at the 
interface would be the 'displacement-difference' or relative slip between bone and 
prosthesis at the interface during a functional cycle, for instance a walking cycle. 
Initial stability experiments do not measure this slip; they measure the 
displacement difference between the prosthetic surface and the outside bone surface 
(Ebramzadeh et al. 1988, Schneider et al. 1989). This procedure introduces errors 
due to geometric transformations of the displacements (since they are not measured 
where they actually occur) and due to neglect of the elastic deformation of the 
bone in between. Besides, functional loading cycles typically have alternating load 
directions and magnitudes (see e.g. Davy et al. 1988). This should be reproduced 
by the initial stability experiments, but at best they apply plain sinusoidal loading 
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cycles in one direction. Secondly, a prosthesis, even if it is tightly implanted, sinks 
during the first loading cycles; it must be seated. Haddad et al. (1990) found a 
mean subsidence of 2 mm from direct post-operatively to follow-up, but 
nevertheless all prostheses showed evidence of bone-ingrowth. So, a good initial 
stability experiment should start with some pre-loading cycles before the actual 
measurements. Again, these pre-loading cycles should not simply be plain 
sinusoidal load cycles in one direction, but should resemble actual loading cycles. 
And third, shortly after implantation the environment of the prosthesis changes as 
bone regeneration takes place (Spector 1988). This will surely influence the 
micromotion characteristics. Therefore, even if the experiment were performed 
well, linking the information on micromovement from animal studies and from 
initial stability assessments should be done with great care. 
Stability experiments that apply pre-loading cycles find micromotions of 50-100 
μτα for the porous-coated Harris-Galante (HG) and Porous Coated Anatomic 
(PCA) prostheses (Ebramzadeh et al. 1988, Sharkey et al. 1991). This is in the 
range of motion that is small enough to allow bone ingrowth, and very often 
indeed, roentgenographic evidence of bone ingrowth into these porous prostheses is 
found. Galante (1988) thinks that bone apposition to the porous patches of a HG 
prosthesis occurs around 90% of the prostheses. Haddad et al. (1990) and Wixson 
et al. (1991) find roentgenographical evidence of bone ingrowth into almost all 
PCA prostheses. In other prosthesis too, bone ingrowth is reported to occur often. 
Engh et al. (1990) consider 90% of the prostheses in their study ingrown. Turner 
et al. (1986, 1988), using a canine model, even found bone ingrowth into all 
prostheses. Unfortunately, an assessment of the initial stability of these last two 
prostheses fails. 
The ranges of measured and endurable micromotions are very close, indicating 
that current prostheses function at the verge of bone ingrowth. Unfortunately, bone 
ingrowth can only be demonstrated roentgenographically - one simply cannot open 
the patient and have a look inside. It is encouraging that dogs with coated implants 
always show ingrowth (Turner et al. 1986). On the other hand, it is discouraging 
that retrieval analyses (Collier et al. 1988, Cook et al. 1988), even of postmortem 
specimens, invariably show the majority of the prostheses having no or very little 
bone ingrowth or apposition. And, moreover, the roentgenographic appearance did 
not necessarily correlate to the histological appearance (Cook et al. 1988). The 
real incidence of bone ingrowth is therefore difficult to assess. Any new ingrowth 
prosthesis must nevertheless have an initial stability at least equal to and preferably 
better than current designs. 
Sharply contrasted to the bulk of literature on initial bone apposition or 
ingrowth is the amount of literature on the second aspect of interface failure, the 
transition from meta-stable to unstable fibrous tissue encapsulation. Spector et al. 
(1990) name two factors that might mediate between meta-stable and stable 
encapsulation, namely mechanical and biological factors. Important mechanical 
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factors are stresses that disrupt the connectivity of the fibrous tissue and motion 
that activate macrophages to release resorptive agents. Biological factors are 
particulate debris or metal ions, that also can stimulate cells to release resorptive 
agents. In a sense this biological factor is a mechanical factor too, since wear is a 
mechanical phenomenon. A clear example of the mechanical factor is the 
'Iso-Elastic' Robert Mathys (RM) prosthesis. This is a press-fitted prosthesis, 
made from a synthetic material (poly-acetal) and having a cobalt-chromium core. It 
is more flexible than a fully metallic prosthesis in order to prevent bone resorption 
due to stress shielding (see also page 19). Jakim et al. (1988) had to remove one 
third of the implanted prostheses after an average period of three years. All these 
prostheses were completely loose and surrounded by a thick, shiny fibrous 
membrane. This is a rather extreme case. Other tissue-encapsulated prostheses 
endure a longer time. Albrecht-Olsen et al (1989), using the press-fitted Ring 
prosthesis, and Engh et al. (1990), using the porous coated Anatomic Medullary 
Locked (AML) prosthesis and giving separate numbers for non-ingrown 
prostheses, report revision rates of 10-15% at ten years. These are, however, only 
revision rates. The loosening rate is probably higher: Engh et al. (1991) classify 
(after 10 years) 49% of the non-ingrown prostheses as loose. These figures clearly 
indicate that a meta-stable prosthesis is not a feasible concept, that is: not when 
compared to cemented prostheses. Some kind of 'real' fixation, like ingrowth, is 
necessary. 
Even less literature is available on the third aspect of interface failure, rupture 
of the bond between extensively ingrown prostheses and the surrounding bone. To 
date, it is reported by Bragdon et al. (1991) only. The patients had late onset of 
pain after initial pain relief. In a period of ten years, Engh et al. (1990) found no 
loosening of the prostheses they had classified roentgenographically as ingrown 
after two years; all these prostheses 'showed continued signs of bone ingrowth'. 
The important question about this rupture seems: why did bone grow in at the first 
place? When the initially loose prosthesis provided enough stability for bone 
ingrowth, why would that bone fail later? A non-substantial mechanical overload, 
causing microfractures only, would only be a trigger for bone apposition due to 
remodeling (Burr et al. 1985). So, there must be a substantial mechanical overload 
for disruption to occur. One cause could be a blow, for instance as a consequence 
of a fall. Such a blow could very well initiate a crack that subsequently propagates 
until loosening. Another cause could be a change of the surrounding of the 
prosthesis. Initial bone ingrowth is simply a reaction to the surgical trauma caused 
by the insertion of the prosthesis (Spector 1988). This initial ingrowth by woven 
bone takes place regardless of bone loading. After about one month, however, 
remodeling to lamellar bone starts, and all ingrown bone that carries insufficient 
load will be resorbed. Furthermore, after insertion, friction between bone and 
prosthesis transfers load at all points of contact. After a while, non-ingrown parts 
of the prosthesis will get surrounded by fibrous tissue. Although this tissue may 
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have some weight-bearing capacity (Pilliar et al. 1986), its appearance will 
certainly alter the load transfer from prosthesis to bone, and may increase the load 
on the ingrown part. This may explain why Engh et al. (1990), who use (almost) 
fully coated AML prostheses, have not seen ruptures of a stable interface. And 
finally, due to stress shielding and subsequent resorption of the bone surrounding 
the proximal part of the prosthesis, the load on the ingrown part can be increased 
(Huiskes, 1988; see also page 17). Any of these factors, whether alone or in 
combination, might cause overload of the bone at the interface, sufficient to 
rupture. Whatever the precise cause - it probably is best to have a prosthesis that 
behaves 'predictable', that is, a prosthesis that causes its environment to change as 
little as possible. This would mean: full ingrowth and little stress shielding. 
The role of prosthetic stiffness in relation to the phenomena described in this 
section can be demonstrated with the same simple model as used in the previous 
section. From a mechanical point of view, a femoral prosthesis is a device that 
transfers load from femoral head to femur. This load transfer, of course, takes 
place where the two meet: at the bone/implant interface, by means of interface 
stresses. Figure 5 shows the interface shear stresses when the prosthetic stiffness is 
about 10 times the stiffness of bone (like a cobalt-chromium prosthesis): they are 
distributed between the proximal and the distal end of the prosthesis. When the 
prosthetic stiffness is changed to that of titanium (about five times the bone 
stiffness, Fig. 6), the load transfer shifts proximally. This shift finds its 
counterpart in the loading of the bone surrounding the prosthesis (Figs. 2 and 3): a 
more proximal load transfer implies a higher bone load at every level. A very 
radical shift towards proximal load transfer is created by an iso-elastic prosthesis, 
which has a stiffness that is equivalent to the stiffness of bone (Fig. 7). Virtually 
all load is transferred proximally now, which shows itself in the loading of the 
bone around the prosthesis (Fig. 4), that nearly everywhere reaches its natural 
level. The price, however, is high: the interface stresses are very high. 
These simple model calculations show that a change from cobalt-chromium to 
titanium slightly reduces the stress concentration at the prosthetic tip. This may 
partly explain the findings reported by Skinner et al. (1990), who found that 
patients feel less pain when the ratio of prosthetic flexural rigidity and bone 
flexural rigidity is lower. The calculations also show that an iso-elastic prosthesis 
generates relatively very high interface stresses. In practice, these interface stresses 
will probably inhibit any ingrowth, as the bone would break as soon as it grew in. 
From the above it will be clear that cementless prostheses will probably 
perform better when they are fixed to the bone and when the fixation is 
sustainable. Many investigators (e.g. Geesink 1988, Cook et al. 1991) regard 
riydroxy-apatite (HAP) as a viable material for a coating that enhances bone 
apposition and provides a stronger bond between implant and bone more rapidly. 
Hydroxy-apatite is a calcium-phosphate, an important ingredient of bone. It is 
supposed to be bio-active, it enhances bone growth. In dogs, a gap of 1 mm 
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Figure 5 Shear stresses at the interface between 
bone and a prosthesis whose stiffness is 10 times 
that of cortical bone (hence equivalent to Cobalt-
Chromium). 
Figure 6 Shear stresses at the interface between 
bone and a prosthesis whose stiffness is 5 times 
that of cortical bone (hence equivalent to 
titanium). 
Figure 7 Shear stresses at the interface between 
bone and a prosthesis whose stiffness is 
equivalent to that of cortical bone. 
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between a HAP-coated porous implant and bone is bridged after four weeks, 
whereas mainly fibrous tissue is found between non-HAP coated implants and bone 
(Seballe et al. 1990). 
However, one should not be over-enthusiastic. After a period of 12 weeks 
(Oonishi et al. 1989) to 24 weeks (Cook et al. 1991) the advantage diminishes and 
the interface strengths of HAP-coated and non-HAP-coated implants hardly differ. 
When an initial gap of 0.75 mm is present, and micromovements of 150 μπι are 
applied, HAP-coated porous implants are encapsulated by fibrous tissue after four 
weeks (Seballe et al. 1992). In a canine weight-bearing hip implant model 
(Thomas et al. 1989), differences between HAP- and non-HAP-coated implants 
were not extensive. Comparing porous coated hips, HAP-coating of the metal 
particles gave an advance of one month in bone apposition and ingrowth. The 
difference between HAP-coated and non-HAP-coated implants was larger for 
implants with macro-textures (such as grooves, indentations and ridges). As was to 
be expected, non-HAP-coated implants developed fibrous tissue encasement only, 
whereas HAP-coated implants got fixed to the bone. Bone even grew into the 
macro-texture. 
HAP-coatings slowly biodegrade in time (LeGeros et al. 1988). So, eventually 
bone and metal will be in contact with each other. This has no consequences for 
porous implants, but for smooth or macro-grooved implants it may constitute a 
large difference. As mentioned before, these implants normally are surrounded by 
fibrous tissue. However, when bone is in close apposition to the implant, osseo-
integration may occur (Albrektsson et al. 1987), or the macro-texture may become 
functional. 
Summarizing, it seems that the main advantage of HAP is the leap in time it 
provides. Earlier bone apposition and bone ingrowth implies a smaller probability 
of developing fibrous tissue encapsulation and the associated disadvantages. 
However, when compared to bonded porous coated prostheses, one should not 
expect real miracles from HAP. 
Prosthetic design objectives. 
In this concluding section, we will try to formulate sensible objectives for optimal 
prosthetic designs. Our point of departure is that the prosthesis should be bonded 
to the bone. The vagaries of the alternative, a non-bonded (press-fitted) design, 
have been amply discussed in the preceding two sections. The bone-implant 
interface around a non-bonded prosthesis has a higher failure probability (see page 
25). In addition. Although the average amount of bone loss around unbonded 
prostheses may be less than around bonded prostheses, bone resorption around 
unbonded prostheses is subject to large variations, resulting in extreme amounts in 
some cases (see page 19). 
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The design of a bonded cementless hip stem implies a search for a satisfactory 
compromise between contradictory design objectives. On the one hand, the bone 
stock surrounding the prosthesis should be preserved as much as possible. This 
objective requires a sufficiently large local bone load. A flexible prosthesis will 
meet this requirement, although at the expense of excessive proximal interface 
stresses. 
On the other hand, stress concentrations and excessive motions between bone 
and prosthesis should be avoided, because they probably increase the risk of pain, 
of adverse tissue reactions and of prosthetic loosening, and will reduce the 
probability of bone ingrowth or bone apposition. It is difficult to specify explicit 
threshold levels regarding maximal interface stresses or maximal relative 
movements. Although it will be sensible to avoid stress concentrations, it should 
be noted that stress concentrations always exist at the edges of bone/prosthesis 
contact (that is where the prosthesis 'enters' the proximal bone and at the 
prosthetic tip, compare Fig. 5 to 7). The question therefore is, to which level 
stress concentrations should be reduced. A provisional answer could be provided 
by considering the strength of the bone at the interface. Particularly proximally, 
the bone is probably the weakest link. 
As for relative motions, an explicit threshold exists: the relative displacements 
should not exceed 40 μπι in order not to compromise bone ingrowth. However, it 
is difficult to exploit this threshold because it requires sophisticated experiments 
and FEM-models. To circumvent this practical problems, for the time being all 
attention will be confined to stresses around prostheses that are bonded. It can be 
justified indirectly: bonded prostheses that generate interface stresses exceeding the 
bone strength, will probably never become ingrown, because the bond would break 
at the moment it was formed. Therefore, they are to be rejected beforehand. 
The design of a prosthesis not only requires design objectives, but also design 
parameters. Since we confine ourselves to bonded implants, two design parameters 
exist: the geometry and the elastic properties of the prosthesis. The prosthetic 
geometry is largely determined by the bone geometry, because a good fit of the 
implant enhances the prospects for bone ingrowth or bone apposition. As a conse­
quence, only relatively small variations of prosthetic geometry can be allowed. 
This leaves the elastic properties of the prosthetic material as the most appropriate 
parameters for improving cementless prosthetic design. The FEM-calculations 
using the simplified bone-prosthesis model demonstrate the strong influence of the 
prosthetic Young's modulus on our design objectives, as reflected by the stress 
distributions at the bone-implant interface and inside the bone surrounding the 
prosthesis. They also show that a variation of the prosthetic Young's modulus only 
is probably not enough for a simultaneous reduction of stress concentrations and 
stress shielding. However, in these models the prosthetic material is assumed to be 
homogeneous, in other words, the elastic properties have a constant value 
throughout the prosthesis. In that case, the 'design space' is probably too small. 
The design space will increase drastically when materials with a non-homogeneous 
distribution of the elastic properties are allowed. However, many different non-
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homogeneous distributions of the Young's modulus can be conceived, and one 
easily loses his way when searching for the best of these distributions. A systema­
tic search for a Young's modulus distribution which is best suited to meet both 
design objectives requires a tool to systematically vary and improve the property 
distribution. 
A numerical design optimization scheme is such a tool. It combines a numerical 
optimization scheme and a FEM-program. The first is used to generate improved 
prosthetic designs, and the latter is used to evaluate each prosthetic design that is 
generated. In this thesis, we will develop such a tool and will apply it to prosthetic 
design. In addition to the design optimization scheme, procedures are required that 
assess the amount of bone loss and the probability of interface failure as a function 
of the stresses and strains that are produced by each FEM-analysis. In the 
following two chapters (Chapter 2 and 3), we will develop such procedures. Next, 
we will apply them to generate improved cementless prosthetic designs, thereby 
using a simplified 2-D model of a bone-prosthesis configuration (Chapter 3), a 
more realistic 2-D model (Chapter 4) and a 3-D model (Chapter 5). This gradual 
increase of the complexity of the FEM-model that was used served to obtain good 
insight in the problem and relevant parametric effects. 
Because of its importance for the success of cementless prosthetic designs (see 
also page 22), we will investigate the potential of FEM-models for the analysis of 
dynamic movements at the interface between bone and prosthesis (Chapter 6). The 
application of these final tools, however, will have to wait for another occasion. 
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Chapter 2 
The predictive value of stress shielding for 
quantification of adaptive bone resorption 
around hip replacements 
Introduction 
The presence of a femoral hip stem reduces the load inside the surrounding bone 
(stress shielding), which can lead to severe bone resorption (e.g. Bobyn et al. 
1992, Huiskes et al. 1992). Although the amount of cortical bone loss around 
femoral prostheses can be as high as 50% (Steinberg et al. 1991), its clinical 
significance is still an open question. The direct clinical risks are probably 
negligible, since no failures were reported that are directly linked to the 
consequences of stress shielding. However, significant potential risks exist. For 
instance, when a revision has to be performed, the remaining weakened bone stock 
could fragment during removal of the old prosthesis, or provide poor support for a 
revision prosthesis (Bobyn et al. 1992). And precisely because cementless devices 
are particularly advocated as solutions for the younger patient, who will need their 
implants for a relatively long period of time, revisions are very likely. Therefore, 
these potential risks increasingly worry clinicians (Coventry 1992, Harris 1992). 
This makes the 'resorption potential' an important aspect of the quality of a 
prosthesis. Hence, properly assessing the long term consequences of the presence 
of a specific design with respect to bone resorption, preferably before it is actually 
implanted, is important. 
Using a mathematical description of the adaptive bone remodeling process, the 
process of bone resorption and bone apposition around hip stems can be simulated 
in computer models (e.g. Huiskes et al. 1992). Such a numerical remodeling 
simulation provides an appropriate assessment of the long-term bone density 
patterns around a specific implant design (e.g. Huiskes et al. 1992), and thus 
provides very detailed information about the consequences of implanting a hip 
prosthesis. 
In this study, we address the question whether the direct post-operative bone 
load distribution provides sufficient information for an acceptable estimate of the 
amount of bone loss. In other words, we try to determine whether the amount of 
bone loss can be predicted from the stress shielding effect of an implant. When 
this is the case, it would offer a practical advantage for parametric evaluation of 
prosthetic designs. In stead of a CPU-time consuming simulation, a single analysis 
would suffice. 
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Methods 
We assume that the value of the local bone load at an arbitrary point χ after 
insertion of the prosthesis, which we denote as the variable S(x), indicates how 
much bone at this point will be preserved. When after insertion of the stem, the 
bone is completely unloaded, no bone will be preserved. Conversely, when after 
insertion of the stem the bone load is still equal to the 'natural' or reference load 
S
re f, which is the bone load prior to insertion of the prosthesis, it is very likely 
that all bone will be preserved. Between these two extremes there is a transitional 
region. Hence, a hypothetical 'influence function' g(S), that yields the probably 
preserved local bone mass fraction as a function of the local bone load, has a value 
of zero when the bone load is zero and a value of (almost) one when the bone load 
is equal to the natural load (Fig. 1). 
Using this influence function, the total bone mass that will be preserved Mp can 
be determined. For that, the product of the original bone density ρ and the value 
of the influence function g has to be integrated over the total bone volume Ω. The 
preserved bone mass fraction m is obtained by normalizing the new mass to the 
original bone mass M (Eq. 1). 
mP = ¿fgtoPto«1* (1) 
where: 
m_: preserved bone mass fraction 
M: original bone mass 
Ω: original bone volume 
x: volume coordinate 
g(x): probably preserved local bone mass fraction 
p(x): apparent bone density 
The particular shape of the influence function g will now be determined. The 
hypothetical function of Figure 1 assumes that even the smallest reduction of the 
bone load, as compared to the natural load level, will cause resorption of the bone. 
However, it has been suggested that a threshold level or 'dead zone' s is present 
around the natural load level (Frost 1987). Load reductions after insertion of the 
implant not less than the threshold level (l-i)S
r e f, will not cause bone resorption. 
Observations of resorptive phenomena around prosthesis support this view (e.g. 
Engh and Bobyn 1988). The introduction of such a threshold level effectively 
shifts the influence function g to lower load levels (Fig. 2). A function which 
approximately produces such a function is the normal or Gaussian cumulative 
distribution function 
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bone load S 
Figure 1 Hypothetical preserved bone mass 
fraction g as a function of stimulus S and 
reference stimulus S r e ( 
preserved local bone mass 
fraction g 
(i-esnr tonnrmd sm 
bone load S 
Figure 2 Hypothetical preserved bone mass 
fraction g as a function of stimulus S and 
reference stimulus S r a ( Curve A represents the 
case where threshold zone s = 0, whereas curve В 
represents the case s > 0 . 
fi<S) = 
σ\]2τ -, 
exp ξ -μ dí (2) 
where: 
μ (mean) = 0.5(1.2-í)Sref 
σ (standard deviation) = Ο.ΐμ 
A second influence function g arises when one simply assumes that bone which 
is loaded below the threshold level S
ref(l-i) at the initial post-operative stage, will 
eventually be resorbed completely, and that all bone which is initially loaded above 
the threshold level, will not be resorbed at a later stage. Such an assumption leads 
to a step function g(S): 
g2(S) = 
0 for S<(l-s)S
r
gf 
1 for S>(l-s)S
ref 
(3) 
As a measure for the local bone load S(JC), different mechanical quantities have 
been proposed, such as the strain, the stress and the strain energy density (Cowin 
and Hegedus, 1976; Fyhrie and Carter, 1986; Huiskes et al. 1987). Huiskes et al. 
(1987, 1992) proposed to use the elastic energy per unit of bone mass, averaged 
over a daily loading cycle of η loading cases (Carter et al. 1989), which is called 
the 'mechanical signal' for bone remodeling: 
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(4) 
where: 
U: strain energy density (Viae) 
p: apparent bone density 
n: number of discrete loading cases 
The elastic energy per unit of bone mass S is a scalar value which approximates 
the SED inside the bone tissue (comp. Hollister et al. 1991). It gives a reasonable 
impression of the load that is actually perceived by the bone cells. 
The validity of equation (1) for estimating the value of m is verified by 
comparing the estimated values of m_ to values obtained from computer 
simulations of the adaptive remodeling process. These simulations use a 
remodeling rule, which is a mathematical formulation of the remodeling process. 
At the basis of present mathematical bone remodeling rules lies the assumption that 
reaching and maintaining an equilibrium or reference level of the local mechanical 
signal is the goal of bone density adaptations (e.g. Carter et al. 1989, Huiskes et 
al. 1992). A disturbance of the local signal level, for instance due to the insertion 
of a prosthesis, causes bone to increase or decrease its local density, in order to 
restore the equilibrium load level. A conceivable stimulus for the adaptive bone 
remodeling process is therefore the difference S-S
ref between the actual signal and 
the equilibrium or reference signal. A decrease of the actual signal level will cause 
bone resorption, whereas an increase of the actual signal level will cause bone 
apposition. However, as mentioned already, it seems that disturbances of the signal 
level whose size remain below a threshold level do not cause net remodeling 
activity. The opposite holds as well: density adaptations for restoring the 
ïquilibrium signal level after a large deviation from the equilibrium level stop 
when the threshold level has been reached. 
Regarding bone remodeling as a biological process which develops in time, the 
conversion from stimulus value to remodeling activity follows by assuming that the 
net remodeling rate dp/d/ is proportional to the stimulus value (Huiskes et al. 
1987, 1992; Weinans et al. 1992; see also Fig. 3): 
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remodeling rate dp/dt 
2s Sref 
Sref bone load S 
ΠΠ bone 
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Figure 3 Remodeling rate dp/dt as a function of stimulus S, Figure 4 Two-dimensional finite element 
reference stimulus S r e, and threshold zone s. model of a simplified bone/prosthesis 
configuration 
where: 
dp 
di 
T{S-(l-s)S
r
J iiS<(l-s)S
ref 
0 if (I-s)S
ref<S<(Us)Sref 
T(S-(l+s)Sre¿ if S>(l+s)Sref 
(5) 
dp/dt: remodeling rate 
r. remodeling rate coefficient 
S: actual signal level (elastic energy per unit of mass) 
Sref: reference or equilibrium signal level 
s: dead zone 
In combination with a FEM-routine for calculating the elastic energy distribu-
tion, iteratively solving this differential equation yields a bone remodeling simula-
tion program. The distribution of the reference value Sref is found by performing a 
FEM-analysis of the intact (non-operated) femur. Assuming that the insertion of a 
prosthesis does not affect the hip joint and muscle loads, so the only cause for 
density adaptations is the presence of the implant, the evolution in time of the bone 
density distribution around an implant can be simulated in detail (Weinans et al. 
1992). Finite element models of two bone-prosthesis configurations with fully 
bonded prostheses are used, that represent two extremes of modeling complexity. 
The first one is a simplified, two-dimensional configuration with a 'straight stem' 
(Huiskes et al. 1987, see Fig. 4). The stem is loaded with a bending moment of 
The predictive value of stress shielding for quantification of . . . 39 
Figure 5 Three-dimensional finite element model 
of a bone-prosthesis configuration. Geometry and 
density distribution of the bone have been based 
on CT-scans The three loading cases represent 
the daily loading cycle. 
Figure 6 The initial bone density distribution in the 
mid-frontal plane. 
1000 Nmm. As the prosthetic bending stiffness controls the amount of bone loss to 
a large extent, two cementless stems having different Young's moduli are applied. 
One stem is an 'iso-elastic' stem with a Young's modulus of 20,000 MPa, which 
is similar to that of cortical bone. The other stem is a titanium stem, with a 
Young's modulus of 115,000 MPa. The second model is a three-dimensional 
configuration, where the geometry and density distribution from the bone were 
determined from CT-scans (Huiskes et al. 1992, Fig. 5 and Fig. 6). A cycle of 
three hip joint and muscle loading cases, derived from Carter et al. (1989), 
representing a daily loading pattern, is used. Again, an 'iso-elastic' and a titanium 
prosthesis were assumed in the calculation. For the simplified configuration, the 
value of the threshold zone s was varied between 0.0 and 1.0. For the 3-D 
configuration, only two values of the threshold zone s, 
namely 5=0.35 and 5=0.75, were used. For both configurations, the Gaussian 
cumulative distribution function and the step function were applied. 
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Figure 7 The normalized amount of stress 
shielding (S-S[el)/Srel around an iso-elastic and a 
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Figure 8 Resorbed bone mass fraction obtained 
from remodeling simulations and estimated from 
stress shielding, as a function of threshold zone s 
and for two different stem moduli The two-
dimensional bone-prosthesis configuration was 
used 
Results 
Two-dimensional model 
In this study, we try to determine the amount of bone loss directly from the stress 
shielding effect of an implant. We determined the amount of stress shielding S-S
ref 
for both the iso-elastic and the titanium stems (Fig. 7). In the figure, we show the 
normalized amount of stress shielding (S-S
ref)/Sref, as our estimation of the 
resorbed bone mass fraction m is based on this quantity (Eq. 1 and Fig. 2). As 
can be seen, the amount of stress shielding has an almost constant value of -0.3 
around the flexible stem and -0.9 around the stiff stem. It means that a flexible 
stem causes a reduction of 30% of the mechanical signal for bone remodeling, and 
that a stiff stem causes a reduction of 90%. Because it is common practice to think 
in terms of bone resorption in stead of preservation, we have represented the net 
resorbed bone mass fraction (which is l-/w_) in all graphs. The net resorbed bone 
mass fractions, according to the step function and the Gaussian function, and as 
obtained from the remodeling simulation program, are represented in Fig. 8 as 
functions of the threshold zone size s. For calculating the bone mass fraction we 
restricted ourselves to the bone surrounding the prosthesis. The simulation results 
show that the transition between almost complete resorption of the bone and hardly 
any resorption is very steep. For the iso-elastic prosthesis, it occurs at s =0.4 and 
for the titanium prosthesis it occurs at i = 0.9. 
The estimated value of the resorbed bone mass fraction using the step function 
(Eq. 3) closely follows the simulated value over the complete range of the 
threshold zone size. Compared to the step function, the Gaussian function (Eq. 2) 
leads to a more gradual curve, and to an underestimation of the amount of bone 
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Figure 9.a The normalized amount of stress 
shielding (S-Sref)/Sle( in the mid-frontal plane 
around an iso-elastic stem for the 3-dimensional 
configuration. 
Figure 9.b The normalized amount of stress 
shielding (S-Srer)/Sre( in the mid-frontal plane 
around a titanium stem for the 3-dimensional 
configuration. 
loss. Compared to the curve from the step function, this curve departs from the 
remodeling simulation solution. 
Three-dimensional model 
Around both the iso-elastic and the titanium stems, we determined the normalized 
amount of stress shielding (S-Sref)/Sref (Fig. 9). Compared to Fig. 7, which shows 
an almost constant ratio around the stem, it is much less uniform. The increased 
differentiation can also be noted from Fig. 10, which shows the resorbed bone 
mass fraction according to Eq. 1 as a function of the threshold zone s. Even when 
using the step function, the transition from (almost) complete resorption to no 
resorption is very smooth. Only a limited amount of remodeling simulations were 
performed using this model (Huiskes et al. 1992), namely two using a titanium 
stem (j=0.35 and s=0.75) and one using an iso-elastic stem (5=0.75). Divided 
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Figure 10 The resorbed bone mass fraction 
according to the proposed procedure, as a 
function of threshold zone s and for two different 
stem moduli. The 3-dimensional configuration 
was used 
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Figure 12 The total resorbed bone mass fraction 
obtained from remodeling simulations and 
estimated from the amount of stress shielding 
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Figure 11 The resorbed bone mass fraction at various zones, obtained from remodeling simulations and 
estimated from the amount of stress shielding 
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Figure 13.a The density distribution in the mid-
frontal plane around a titanium prosthesis, 
obtained from a remodeling simulation and 
assuming a threshold zone s = 0.75. 
Figure 13.b The density distribution in the mid-
frontal plane around a titanium prosthesis, 
predicted using the step function (eq. 3) and 
assuming a threshold zone s = 0.75. 
over five regions, the resorbed bone mass fractions according to the remodeling 
simulation and the corresponding estimates according to the Gaussian and the step 
functions are shown in Fig. 11 and Fig. 12. Using the Gaussian function, the 
estimation and simulation results closely agree in all regions, for both values of 
threshold zone s and for both prostheses. Using the step function, estimation and 
simulation only agree for a large value of threshold zone s. As the alternative 
method in the present formulation only assesses bone loss, it fails to recognize the 
bone formation at region four as shown by the remodeling simulation. 
The accuracy of the procedure can be appraised from Fig. 13, where the bone 
density distribution around the titanium stem for Î = 0 . 7 5 , as found from the 
remodeling simulation and as found by using the local values of the step function, 
are shown. At a first glance, the distributions compare very well, as could be 
expected from the agreement between the resorbed bone mass fraction in the five 
zones. There are, however, notable differences. For instance, the resorption of the 
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medial proximal cortical bone reduces the signal value in the cancellous bone 
which initially is compressed between cortical bone and prosthesis. As a 
consequence, this cancellous bone resorbs at a later stage during the process (Fig. 
13.a), which is not predicted by the proposed estimation procedure (Fig. 13.b). 
Also, laterally a bridge of cortical bone towards the prosthesis is formed (Fig. 
13.a), an event which is also not predicted (Fig. 13.b). However, the normalized 
amount of stress shielding (S-Sref)/Sref is clearly positive at this position (Fig. 9.b), 
which suggests that bone apposition might be expected. 
Discussion 
The remodeling process as described by equation (5) is a non-linear one. During 
the process, the bone density patterns change and as a consequence the local 
loading of the bone changes as well. This implies that phenomena may occur 
during the process that cannot be directly deduced from the initial situation. One of 
these phenomena was mentioned already: resorption of a part of the bone will 
impose higher loads on the remaining bone, which subsequently reduces the 
amount of bone resorbed. 
Estimating the bone loss using the step function (Eq. 3) completely neglects 
this kind of non-linearity. But supposing that the only non-linear effect were the 
above-mentioned reduction of bone loss, it could be incorporated by shifting the 
influence function to a lower load level (i.e. by increasing the size of the dead 
zone s). Compared to the step function, the Gaussian distribution curve (Eq. 2) is 
shifted to lower loading levels. It can therefore be regarded as an attempt to 
partially include this kind of non-linearity. Bone apposition is not considered. 
The results from the remodeling simulation suggest that the size of the non-
linear effects may depend on the bone/prosthesis configuration which is modeled 
and the size of the threshold zone s. As for the simple 2-D configuration (Fig. 8), 
tiardly any non-linearity seems to occur and the original step function yields the 
best assessment of the resorptive effects of the prosthesis. On the other hand, 
comparing the results from the remodeling simulation and the various assessments 
for the 3-D configuration (Figs. 11 and 12) suggests that around this prosthesis 
non-linear effects of the above-mentioned kind do have a profound effect on the 
resorptive patterns, especially for small values of the threshold zone. It may 
therefore be difficult to select a method beforehand that adequately assesses 
resorptive patterns from the direct post-operative bone load distribution, regardless 
of the size of the threshold zone. However, when the attention is restricted to 
relatively large values of the threshold zone J (say, J > 0 . 7 5 ) , the results suggest 
that use of the original step function (having a 'jump' at S=(l-j)Sref) suffices for 
predicting the resorptive effect of bonded prostheses in terms of bone loss fractions 
from the direct post-operative situation. A relatively large size of the threshold 
zone nullifies much of the non-linearity, probably simply because the bone volume 
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in which remodeling actually occurs is drastically reduced. Under the condition of 
a large threshold zone, the resorbed bone mass fractions estimated using the step 
function always come very close to those obtained from a remodeling simulation 
(see Figs. 8, 11 and 12). The differences mainly show themselves in the details, as 
:an be seen in Fig. 13. 
The notion of a threshold zone was first introduced by Frost (1987), who 
assumed the presence of a minimum inhibitory signal. Some observations have 
more or less supported this notion. Maloney et al. (1989), who tested retrieved 
femora with cemented prostheses, found that even after a long time complete strain 
normalization in the bone does not occur. Engh and Bobyn (1988) found that 
massive resorption around cementless stems only seemed to occur when the local 
bone load was reduced below a threshold level. Support also comes from a 
theoretical consideration. Huiskes et al. (1992) and Weinans et al (1992) have 
shown that a threshold zone is required in order to realistically simulate the 
remodeling process. May therefore the existence of a threshold zone as such being 
accepted, its size is not precisely known. Engh and Bobyn (1988) estimated that a 
loss of 30-45% of the bone stresses (which is about 75% of the strain energy 
density) seems tolerable, which would suggest a threshold zone s between 0.5 and 
D.7. Huiskes et al. (1992) found that a threshold zone of 0.75 was required in 
order to predict realistic resorptive patterns. This was later confirmed in a paper 
by Engh et al. (1992). Probably, the threshold zone in humans is relatively large. 
Hence, the condition for predicting resorbed bone mass fractions from the initial 
post-operative elastic energy distribution is indeed met. 
In conclusion, when only a gross impression of the resorption potential of a 
bonded prosthesis is needed, it suffices to know the initial post-operative elastic-
energy distribution. A detailed prediction of the density distributions of the 
remodeled bone will still require a simulation analysis. We have restricted 
ourselves to prostheses that are bonded to the surrounding bone. The behavior of 
'loose' (i.e. press-fitted) prostheses has too much non-linearity to allow for use of 
the alternative procedure. Immediately post-operatively, press-fitted prostheses 
generate high hoop stresses that initially prevent bone resorption. However, in the 
:ourse of the remodeling process the bone around the distal part of the prosthesis 
aften hypertrophies strongly, and a 'stress-bypass' develops. As a consequence, 
severe proximal bone resorption may occur (van Rietbergen et al. 1993). The 
latter can never be anticipated from the initial strain energy distribution. 
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Chapter 3 
Mathematical optimization of elastic 
properties: application to cement les s 
hip stem design 
Introduction 
The success of artificial joint replacement depends on many factors. The 
mechanical factor is only one of these, although an important one. Its significance 
has been stressed recently by a large Swedish multicenter study on Total Hip 
Replacements (THR) (Ahnfelt et al. 1990). It showed significant differences 
between survival rates of various cemented THR designs. These differences were 
caused by the design variations, and not by other factors. Understanding this 
mechanical factor can therefore significantly contribute to explaining failure 
mechanisms and finding ways to further increase the success of THR. 
The idea of a prosthesis being a device that transfers the joint load to the bone 
allows one to explain the mechanical factor in terms of the load transfer 
mechanism. A complex relation exists between this mechanism and the magnitude 
and direction of the loads, the geometry of the bone-prosthesis configuration, the 
elastic properties of the materials and the physical connections at the material 
connections. The Finite Element Method (FEM) has proven a very useful tool for 
analyzing this relation. 
The joint load is transferred to the bone at the interface between prosthesis and 
bone. The distribution of the interface stresses, i.e. the amount of load transferred 
per unit of interface area, provides a good impression of the load transfer 
mechanism. FEM-analyses of bone-prosthesis configurations almost invariably 
show that high interface stress peaks appear at the interface edges, i.e. where the 
prosthesis enters the bone and/or at the tip of the prosthesis. The remaining part ol 
the interface is virtually unloaded (e.g. Huiskes 1990, Poss et al. 1988, Tensi et 
al. 1989). The occurrence of stress concentrations is a common phenomenon in 
connecting constructions, such as the adhesive lap joint (Shields 1985). It indicates 
that the load transfer is concentrated at the edges and thus very poorly distributed. 
As a consequence, the strength of the connection is completely determined by the 
stresses at the small edge region; the rest of the interface plays practically no role 
(Shields 1985). The bone-prosthesis interface is a major source of problems 
associated with cementless THR. Among these problems are prosthetic loosening 
and (mid-thigh) pain (Bragdon et al. 1991, Collier et al. 1988). When a 
mechanical origin of these problems exists, the poor distribution of the interface 
stresses, i.e. the stress concentrations at the interface edges, is a very plausible 
candidate. In these small regions, the bone may well be loaded beyond the 
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physiological level. Unfortunately, this poor distribution is inherent to 
constructions where homogeneous materials are used to connect the parts (Gordon 
1984). By changing the stiffness ratio of the connected parts, one can influence 
which of the two edges transfers the most load. For a bone/prosthesis 
configuration, this means a choice between a relatively stiff implant (such as 
CoCr) which concentrates its load transfer at the prosthetic tip, and a relatively 
flexible implant (such as an 'iso-elastic' implant with a stiffness similar to that of 
bone) which concentrates its load transfer at the proximal end. It is even possible 
to balance the two load concentrations against each other; in that case the optimal 
stiffness has been found. The creation of a connection that exploits its interface 
more fully requires non-homogeneous parts. For a bone/prosthesis configuration, 
where one cannot influence the bone properties, this implies a non-homogeneous 
prosthesis. The simplest example of a non-homogeneous implant is an implant 
consisting of two homogeneous materials, such as a cemented implant. Here, the 
stiffness of the complete implant (i.e. stem and cement) is determined by the ratio 
of stem diameter and cement mantle thickness. Allowing a varying stem diameter 
along the stem length generates the possibility of locally altering the stiffness of 
the implant along the entire length. This provides a large range to influence the 
interface behavior. Huiskes and Boeklagen (1989) used this range when they 
Dptimized the shape of cemented prostheses. A larger range of influencing the 
prosthetic behavior arises when one chooses a cementless implant and allows the 
material to become completely non-homogeneous. In that case, the elastic 
properties are described by a 'property distribution' or a 'property field'. 
Composite materials may provide the possibility of tailoring elastic property 
requirements to a high degree. Therefore a project was started to investigate the 
potential for improving prosthetic performance by optimizing the elastic property 
distribution of bonded prostheses. 
The poorly distributed load transfer from prosthesis to bone is not the only 
factor of concern. Prior to insertion of an implant, the joint load is fully carried by 
the bone. After insertion, the load must be transferred from implant to bone. As 
discussed before, load transfer is (poorly) distributed along the interface. Even 
when a flexible implant is used, which concentrates load transfer at the proximal 
înd, the load inside the proximal bone still does not reach the level before 
insertion of the implant; the bone is stress-shielded by the implant. For a relatively 
stiff implant, which concentrates load transfer at the distal end, this holds even 
stronger: a large part of the bone surrounding the prosthesis is severely stress-
shielded. The stress-shielding of the bone, particularly by relatively stiff 
prosthesis, may cause massive bone resorption (Engh and Bobyn 1988, Huiskes et 
2І. 1992). This entails potential risks: it weakens the bony part of the connecting 
construction and therefore the construction as a whole, and when a revision has to 
be performed, the remaining bone stock could fragment during removal of the old 
prosthesis or provide poor support for the new prosthesis. This makes the 
'resorption potential' an aspect of the quality of a prosthesis. The use of the FEM 
tías matured to an extent where a very good estimate of this resorption potential 
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can be made by employing a bone remodeling simulation analysis (e.g. Huiskes et 
al. 1992, Weinans et al. 1992b). 
The combination of the two factors, distribution of load transfer and stress 
shielding, poses a genuine design conflict. It may be sensible to strive for a 
uniformly distributed load transfer, but when the price to be paid is massive bone 
loss not much is won. A suitable scheme for optimizing elastic properties of a 
prosthesis must therefore be able to find its way towards a sensible compromise in 
this design conflict. In mathematical terms, it must be able to minimize some 
objective function that provides information on the quality of an interface stress 
distribution, while satisfying the constraint that the bone be loaded sufficiently. In 
the present report we will discuss the tools that can be applied to find this 
compromise, and demonstrate its versatility relative to a simplified model of a 
bone-prosthesis configuration. 
Methods 
Optimization scheme 
Figure l.a shows a scheme of a program which searches an optimal distribution of 
elastic properties, relative to a number of design criteria. Such a program basically 
is a combination of two core routines: a FEM-routine and an optimization routine. 
The FEM-routine simulates the mechanical behavior of the bone-implant 
configuration. Its input constitutes of the geometry (embodied into the FEM-mesh) 
and the load of bone and prosthesis, the contact conditions between bone and 
prosthesis and the elastic properties of the bone. This part of the FEM-input is 
kept fixed during the optimization procedure. The elastic properties of the 
prosthesis form the design variables that are to be optimized. This variable part of 
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the FEM-input is generated by the optimization routine, which thus generates 
prosthetic designs, in terms of elastic property distributions. The output of the 
FEM-routine constitutes of displacements, strains and stresses inside bone and 
prosthesis, and at the interface. These stresses and strains reflect the mechanical 
behavior of the prosthetic design that was generated by the optimization routine. 
The quality of the design is expressed by mathematical functions of the stresses or 
strains. The values of these functions serve as input for the optimization routine, 
that uses them as objective or constraint functions. Hence, the FEM is nothing 
more than a tool to find the (complex, non-linear) relation between design variable 
and objective functions. The optimization routine adapts the property distribution 
to improve the quality of the design, which means that it tries to minimize the 
objective function while satisfying the constraints. The process of evaluating the 
quality of a property distribution and improving this distribution is repeated until 
the optimal distribution has been found. 
As exposed in the introduction, the prosthetic domain is supposed to be 
occupied by a material having non-homogeneous elastic properties. These 
properties are described using a property distribution, which is to be optimized. 
Because optimization can only be performed using a finite number of design 
variables, the property distribution must somehow be discretized. Basically, there 
are two methods to perform this discretization. The first one is directly related to 
the Finite Element distribution of the prosthetic domain: each integration point or 
each element is given its own property. The second method involves interpolating 
the distribution between a limited number of points, arranged over the domain 
where the property is described. 
The 2- or 3-dimensional interpolation 
between a number of data points is 
preferably performed on a square or 
cubic domain. In such a domain the 
points can be spaced regularly and, as 
the domain has straight boundaries, even 
a coarse distribution of points will 
suffice to cover it completely. Because 
in general a prosthesis does not have a 
square or cubic shape, the prosthetic 
domain must be mapped onto a square 
or a cube. This transformation uniquely Reur. 2 м.
РР
іпд of. 2-d¡m.n.¡on.i
 Pro«ht.i. to a 
Ί J
 square. 
relates each point of the prosthesis to a 
point of the regular domain, or in other words, it provides the prosthesis with a 
local curvilinear coordinate system (Fig. 2). In this local coordinate system the 
interpolation is easy and straightforward. In Appendix I, a method to perform such 
a transformation is treated. 
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A property distribution consists of several discrete points having a specific 
elastic property. Adapting the property distribution requires information on the 
influence of the elastic property of each of these points on the objective and 
constraint functions. In other words: the gradient or sensitivity df/dx of these 
functions f relative to the separate design variables χ has to be determined. There 
are two ways of determining this gradient: numerically or analytically. For the 
first one (the method of Finite Differences) each of the design variables is changed 
slightly and a new value of the evaluating functions is determined. The quotient of 
the function value change and the variable change yields the gradient. Huiskes and 
Boeklagen (1989) used this method. Its advantages are its clarity and its easy 
implementation. It has, however, two serious drawbacks. Firstly, it only 
approximates the value of the gradient, whereas optimization routines perform 
better when provided with exact gradients (Gill et al. 1981, p. 285). Secondly, 
when there are many variables (and elastic properties occupy the complete volume, 
so there arc many), the many small design steps take much time to calculate. 
Therefore we calculate the sensitivities analytically, using the adjoint variable 
method (see Appendix II). The implementation of the adjoint variable method 
requires that the optimization scheme is changed. The FEM-routine not only has to 
determine stresses and strains, but it also has to determine the adjoint stresses and 
strains, that are used to calculate the gradients (Fig. l.b). 
The two core routines of our optimization scheme are existing and 
commercially available programs. The FEM-routine we used is the MARC Finite 
Element program (MARC Analysis Corporation, Palo Alto, CA). It is a general 
purpose FEM-program which is easily combined with user-routines due to its open 
structure. As indicated already, the optimization routine must be able to solve a 
non-linearly constrained optimization problem. In other words, it must find the 
minimum of a non-linear function of several variables, while satisfying a non­
linear constraint: 
minimize F(JC) 
subject to g(jc) > 0 (1) 
{xEM\xlow<x<xupp} 
where: 
F(J:) = non-linear objective function 
g(x) = non-linear constraint function 
χ = vector of design variables 
xlow, χ = lower, resp. upper bounds to design variables 
Several studies (e.g. Belegundu and Arora 1985a, 1985b; Schittkowski 1985; 
Thanedar et al. 1986) have shown the good performance of Sequential Quadratic 
Programming (SQP) algorithms for non-linearly constrained structural optimization 
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problems, in terms of accuracy, reliability and efficiency. Like the name suggests, 
a SQP algorithm iteratively solves an optimization problem by generating a 
sequence of quadratic subproblems. Each of these subproblems provides a 
quadratic approximation to the original problem, and their constrained minimum is 
found easily. An iteration consists of three steps: (1) updating the quadratic 
approximation, (2) solving the quadratic approximation, and (3) substituting the 
solution into the original problem in order to check progress. As the iteration 
process proceeds, the quality of the quadratic approximation to the original 
problem is improved, and the minimum of the original problem is approached 
closer, until convergence has occurred. From the available SQP routines we have 
chosen NCONG (IMSL MATH/LIBRARY, Houston TX, 1989), which is a 
slightly modified version of Schittkowski's routine NLPQL (Schittkowski 1985). It 
is well-suited to be combined with the structure of the MARC-program and 
performs satisfactory. 
Objective functions 
Objective functions provide a quantitative measure of the quality of the design 
to be optimized. The quality of a prosthesis is probably best measured in terms of 
survivalship. Therefore, the quality of a prosthesis is improved when its chances 
for survival are enhanced, or in other words, the chances for failure are 
diminished. As mentioned, we confine ourselves to two important failure 
mechanisms: interface failure due to excessive loads at the interface and excessive 
bone resorption due to stress shielding. The optimization procedure must find an 
elastic property distribution that compromises between these mechanisms. Hence, 
mathematical functions must be found that adequately express the amount of bone 
loss due to a prosthesis with a specific elastic property distribution, and the 
probability for interface failure. 
A good estimate of the amount of bone loss can be made by employing a bone 
remodeling simulation analysis (e.g. Huiskes et al. 1992). Unfortunately, this is a 
CPU-time consuming process and thus unfit for implementation into an 
optimization scheme. However, an adequate assessment of the resorption potential 
can be based on a direct comparison between the distribution of the Strain Energy 
per unit of bone mass of an intact femur and that of a femur with prosthesis 
(Chapter 2). This comparison yields a value of the resorbed bone mass fraction 
(BMF). This is the ratio of the bone mass that will probably resorb, and the 
original bone mass. We will use the resorbed BMF as a constraint function. In 
other words, no more than a specific BMF (mx) of the original bone mass is 
allowed to resorb. 
To form a mathematical function that adequately describes the failure 
probability due to excessive interface loads is much more difficult. A standard 
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approach to predict whether or not material will fail is by comparing the stresses 
to the material strength, using some failure criterion. For brittle materials, whose 
strength is stochastically distributed, one can adequately express the probability of 
Failure by assuming a suitable probability density function (e.g. Creykc 1982, 
Freudenthal 1968). These approaches are based on the assumption that stresses and 
strains inside the material can be described adequately, using the theory of linear 
elasticity. Basically, this means that the stress and strain gradients should be 
moderate. 
Present cementless hip stem designs exhibit severe stress concentrations at the 
interface edges. For any engineering construction, stress concentrations are very 
harmful. They almost completely determine the static strength of the construction 
(i.e. the maximum load it can withstand), as failure will typically start at the 
regions of stress concentrations. Also, stress concentrations form a major source 
for fatigue crack initiation during moderate dynamic loading. A good quantitative 
analysis of this important local phenomenon is very complicated. Locally, i.e. at 
the position of the stress concentration, the assumption of moderate stress and 
strain gradients is not valid. Therefore, the linear elastic solution one finds is not 
valid. In fact the stress field at the interface edge is singular; the analytical value 
Df the interface stresses is of the order f λ , where r is the distance to the edge and 
К has a value up to 0.5, depending on the elastic properties of the adjacent 
materials and the particular geometry at the interface edge (Anderson et al. 1977). 
So, when r approaches zero, the analytical value of the interface stresses will go to 
infinity. The stress values as calculated from any FEM-analysis approximate the 
analytical value. The finer the local FEM-mesh density, the better the 
approximation. This holds for the edge zone as well. However, here the analytical 
values go to infinity at r = 0, so the main effect of mesh refinement is that the 
computed peak stress values become higher, without being physically more 
significant. Conversely, reducing the mesh density results in lower values of the 
:omputed peak interface stress. Due to these complications, even for relatively 
simple connective constructions as the lap joint, one must have recourse to fracture 
mechanics methods (e.g. Anderson et al. 1977), or must make a very detailed 
FEM-mesh, which includes all the geometric features one finds in reality (such as 
small fillets or roundings), so the singularity is removed from the problem (e.g. 
Adams 1989). 
When a local phenomenon like stress concentration so much dominates the 
quality of the whole system, one normally focuses all attention to this small 
region, for describing and improving the quality of the design (e.g. Adams 1989). 
ГЬе design improvements that are found are also local; e.g. a local rounding is 
introduced. This is something we do not necessarily want. The stress transfer 
mechanism as a whole is hardly changed by these local adaptations. Much of the 
interface is still hardly used; only the stress peak is somewhat better distributed. 
Considering that we want to reach a genuinely full exploited interface with 
interface stresses showing moderate gradients, the standard approach for predicting 
failure (i.e. comparing stress and strength) can well be used as an objective 
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function. It must simply be accepted that it is not suitable for a reliable 
quantitative prediction of interface failure probabilities of ccmentless designs. 
An additional complicating factor is the extreme non-homogeneity of the 
interface strength. Retrieval studies of porous coated implants (e.g. Collier et al. 
1988, Cook et al. 1988) suggest that bone ingrowth into the coating is limited to a 
few small spots, with the largest 'spot-density' at the distal region of the porous 
coating. Maximally, one third of the coating surface is ingrown by bone. The rest 
of the surface is covered with a fibrous layer. Retrieval analyses of hydroxy-
apatite (HA) coated implants suggest that bone apposition to HA occurs more 
uniform, although the number of retrieved prostheses is very small (Bauer et al. 
1991). Assuming that the standard approach to failure prediction (i.e. a 
stress/strength comparison) is valid, the non-homogeneity of the strength implies 
that at best a 'failure probability' can be calculated, analogous to the failure 
probability of brittle materials. However, as yet not enough is known about 
bone/prosthesis interface failure to develop a full-fledged statistical theory on this 
phenomenon. Rather than doing so, we assume here that the interface strength is 
homogeneously distributed or is related to the strength of the bone adjacent to the 
interface. 
Given the two assumptions of applicability of the standard approach to predict 
material failure and uniform interface strength, we will now form a workable 
objective function that reflects the inclination towards interface failure. In order to 
allow for using the adjoint variable method, it has to be a functional like eq. 
(All.5) in Appendix II. It should be remembered at this point that the function 
only serves as a qualitative indicator: given the constraint that the bone be loaded 
sufficiently, we look for the best distribution of the interface stresses. The 
following function of the interface stress distribution serves our purposes: 
F(*) = 1 f ( f(o*))mdn (2) i[ 
where: 
F(b) = global interface function 
b = vector of design variables 
Π = interface area 
m = peak value attenuation parameter 
f(o*) = local interface function, e.g.: 
f(o*) = 
2 
(shear stress function) 
f(o*)= -La2 
s,sc 
J___l_ 
J~YC 
—•r (elliptic function) 
s
2 
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where σ*(7τ) = interface stress at position x, depending on design 
variables b 
St, Sc and S s are reference stresses 
The global interface function F(6) is known as the stress-area integral (Creyke 
1982). For brittle materials, it is used to assess the net effect of a non-uniform 
surface stress distribution. The choice of a specific local interface function f(cr) 
depends on the assumed local failure mechanism. For instance, the use of the 
shear stress function supposes that interface failure is predominantly provoked by 
shear stresses, as is often suggested (e.g. Clemow et al. 1981, Thomas and Cook 
1985). The use of the elliptic function supposes that interface failure occurs 
actually in the (trabecular) bone surrounding the prosthesis. In that case, failure 
will be governed by the failure properties of trabecular bone, which have been 
shown to be of an orthotropic (or elliptic) nature (Stone et al. 1983, Kaplan et al. 
1985). Experimentally determined values for the reference stresses St, St and S s 
:an be substituted into f(o*). It turns the local interface function i{(r) into a 
regular failure criterion, where f(o*) > 1 denotes failure, f(o*) < 1 denotes non-
failure and f(o*) = l is the limit state. The value of parameter m controls the extent 
to which peak values of local function ƒ((/) contribute to the global function F(b): 
a higher value of m emphasizes the contribution of peaks, relative to the 
:ontribution of lower values. Regardless of the value of m, the optimal distribution 
of interface stresses when no further constraint is active will always be one that 
generates uniform values of local function f(o*). Whether the level of m influences 
the optimal solution in the presence of constraints is to be investigated. High 
values of parameter m might, however, have an adverse effect on the convergence 
rate of the optimization routine (comp. Gill et al. 1981, p. 207 and on). 
Simplified FEM-model of a bone-prosthesis configuration 
For testing the program and performing some parametric variations a simplified 2-
dimensional FEM-model of a bone / prosthesis configuration was used (Fig. 3). 
Throughout the years, this model has proved its significance in showing general 
trends and mechanisms. Huiskes (1980) used a similar model for analyzing the 
load transfer mechanism from prosthesis to bone. Huiskes et al. (1987) used the 
model to examine the effect of stem stiffness on bone remodeling, and recently 
Weinans et al. (1992a) used this model to simulate bone reactions against relative 
motions at implant-bone interfaces. In all cases, the prosthesis was loaded using a 
pure bending moment of 1000 Nmm. 
For calculating the interface stresses, two methods are commonly used. The 
first method extrapolates the stresses from one of the two materials adjacent to the 
interface. The stress values depend on the material extrapolated from: the most 
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Г^ 
[~~1 bone 
ШШ prosthesis 
Figure 3 A simplified model of a bone-
prosthesis configuration. 
reliable values are obtained when the stresses are 
extrapolated from the more flexible material. 
When optimizing material properties this ambigu­
ity is disturbing. The material properties change 
and are even not necessarily homogeneous within 
an element. Hence the side to extrapolate from 
can change between one iteration and another, or 
even may not be uniquely defined. Angelides et 
al. (1988) resolved this ambiguity by formulating 
an interface element with an extra nodal point at 
the interface. This extra node suffices to calculate 
unique stresses at the interface. The stress values 
correspond exactly to those extrapolated from the 
more flexible material. 
The second approach is widely used in contact 
mechanics (e.g. Oden and Carey 1984). Essential­
ly, it comes down to calculating interface stresses 
from the value of the nodal forces, which act 
between the element of the two materials adjacent 
to the interface. After rotating the force components to the local interface 
coordinate system, dividing the value of each force component by the area 
associated with the nodal point yields the interface stresses. These stresses are 
uniquely defined. Because they are actually calculated from the load transfer 
forces, it is a very 'physical' way of obtaining interface stresses and hence 
intuitively appealing. In Appendix III, the results using the two methods 
(extrapolation and constraints) are compared to analytical results. As the results 
from the force-method approximate the analytical results much better than the 
extrapolation method, we decided to use the former. 
With the simplified model, a parametric study was performed in order to gain 
insight into the optimization process and into the 'optimization strategy' followed. 
Therefore, the optimization was performed for various distributions of design 
points, for varying values of the upper bound E of the prosthetic Young's 
modulus (дг in eq. (1)), the maximum resorbed bone mass fraction m
r
 (eq. (4)) 
and the prosthetic length. Table I presents an overview of the standard values and 
the variations. 
In each case, the 'shear stress function' f(o*) = (T/S S ) 2 was taken as the local 
function in eq. (3). This function will lead to symmetric optimal Young's modulus 
distributions. Therefore, the medial and lateral design variables can be taken equal 
to each other, which halves the required amount of design nodes in radial 
direction. 
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Table I Standard values and parametric variations for the optimization of the simplified 
model-prosthesis. 
Parameter standard Variations 
Upper bound prosthetic 
Young's modulus Eupp 
Lower bound prosthetic 
Young's modulus E|0W 
prosthetic Poisson's ratio vs 
Remaining bone volume mr 
peak parameter m 
number of design variables 
prosthetic stem length /s 
Young's modulus bone Eb 
Poisson's ratio bone vb 
Outer radius bone r0 
Inner radius bone η 
100 GPa 
0.1 GPa 
0.3 
-
1 
-
91.3 mm 
20 GPa 
0.3 
15 mm 
10 mm 
40 GPa 
-
-
0.00, 0.75 
4 
1, 1 x 13, 5 x 1 , 
5 x 1 3 , 3 x 1 3 
65.5 mm 
-
-
-
-
Results 
In order to put the optimization results into perspective, two analyses were 
performed with prosthetic stems having homogeneous material properties: a 
flexible 'iso-elastic' stem with a Young's modulus E
s
 = 20 GPa (equivalent to 
cortical bone) and a stiff stem with E
s
 = 100 GPa (similar to titanium). For both 
stems, the interface shear stress distribution (Fig. 4) and the resorbed bone mass 
fraction m
r
 was determined (Table II). As the shear-stress distributions are anti­
symmetric, only one side of each distribution is shown. In addition, we determined 
the value of the objective function F (Eq. 2) and the maximum interface shear 
stress T
max
 (Table II). These analyses clearly illustrate the design conflict as it was 
posed in Chapter 1. A flexible stem will cause relatively little bone resorption 
(/n
r
=3.4%) but generates high proximal interface stresses (т
т а х
=0.41 MPa), 
whereas a stiff stem causes much bone resorption (m
r
=60%) but generates lower 
interface stress peaks (r
m a x
 =0.238 MPa). The difference between the two 
prostheses reveals itself also in the different values of the objective function F: for 
the iso-elastic stem F=27.23 and for the titanium stem F=14.81. The interface 
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Table II The value of the objective function, the maximal interface shear stress and the resorbed 
bone mass fraction for various stem designs. 
Prosthesis Objective Max interface 
function F shear stress 
т
ты
 (MPa) 
Resorbed bone 
mass fraction mt 
(*• constraint) 
'iso-elastic' (E = 20 GPa, Fig 27 23 
4 a) 
'titanium' (E = 100 GPa, Fig. 14.81 
4.b) 
homogeneous (Fig. 5.a) 
homogeneous, mr<Q.2b (Fig. 
5 b) 
1 x 1 3 design nodes 
(Fig. 6 a) 
1 x 1 3 design nodes, 
/7?,<0.25 (Fig. 6 b) 
5 x 1 3 design nodes 
(Fig. 7.a) 
5 x 1 3 design nodes, 
/n,<0.25 (Fig. 7.b) 
3 x 1 3 design nodes, 
m,.<0.25 (Fig. 8.a) 
3 x 1 3 design nodes, 
m r < 0 . 2 5 , E m a x = 4 0 G P a 
(Fig. 8 b) 
3 x 1 3 design nodes, 7 23 
m r < 0 . 2 5 , after 30 mes. 
(Fig 10) 
3 x 13 design nodes, 6 61 
/77
л
<0.25, initial modulus 10 
GPa (Fig. 11) 
3 x 9 design nodes,/77
л
<0.25, 7 69 
reduced stem length (Fig. 12) 
3 x 13 design nodes, 7.62 
/η
Λ
<0.25, peak att. factor 
m = 8 (Fig 13) 
0.41 
0 24 
14 77 
19 45 
6.89 
7 29 
3 96 
5.04 
6.41 
13.40 
0 22 
0.31 
0.17 
0.17 
0.06 
0.08 
0.15 
0.27 
0.18 
0 16 
0.16 
0.16 
3% 
60% 
57% 
25%* 
36% 
25%* 
4 0 % 
25%* 
25%* 
13% 
25%* 
2 5 % * 
24% 
25%* 
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Figure 4 a Interface shear stress distribution aroun Figure 4 b Interface shear stress distribution 
d an iso elastic stem around a titanium stem 
stress distributions clearly confirm that the load transfer from prosthesis to bone is 
concentrated mainly at the proximal and distal ends of the bone/prosthesis 
interface 
Using a homogeneous prosthetic material, the best possible interface stress 
distribution is obtained when the proximal and distal stress concentrations are 
balanced against each other (Fig 5 a) This goal is reached with a Young's 
modulus of 76 71 GPa Around this prosthesis, 56 6% of the bone mass will be 
resorbed Allowing maximally 25% of the total bone mass to be resorbed (ι e 
enforcing the constraint wi
r
<0 25) results into a more flexible prosthesis, having a 
Young's modulus of 36 01 GPa The corresponding interface shear-stress 
distribution is shown in Figure 5 b 
Minimizing the interface stress function, while the Young's modulus is allowed 
to vary in 13 design points along the axial direction with an upper bound E
m a x
 = 
100 GPa, yields the property and interface stress distribution of Fig 6 a 
Proximally, the stiffness of the stem has reached the upper bound, yielding the 
smallest proximal interface shear stress In the remainder of the stem, the stiffness 
recedes gradually towards the distal end, resulting into almost uniformly 
distributed interface stresses around the distal part of the stem Around this stem, 
36% of the bone mass will be resorbed Enforcing the constraint m
r
<0 25 yields 
the stem shown in Fig 6 b Again, proximally the stem modulus hits the upper 
I 
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33.3 
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66.7 
83.3 
100.0 
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16.7 
33.3 
50.0 ~ 
66.7 
83.3 
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Figure 5.a Interface shear stress around optimized 
homogeneous prosthesis. The resorbed bone 
mass fraction mr is not constrained. 
Figure 5.b Interface shear stress around optimized 
homogeneous prosthesis. The resorbed bone 
mass fraction m, is constrained to m r sO 25 
bound E
m a x
 = 100 GPa, which minimizes the proximal interface stress peak. 
Compared to the unconstrained solution, the reduction of stem stiffness towards the 
distal end is sharper. The level of the uniform interface stresses along the distal 
half of the stem is lower, as more load must be transferred proximally in order to 
maintain the required amount of bone. 
Optimizing the stem properties while the modulus is allowed to vary at 5 points 
along the radial direction did not produce any advantage as compared to optimizing 
a homogeneous stem. It even proved disadvantageous, because the optimization 
process converged slowly, which was probably due to the fact that an infinite 
number of (almost) equivalent solutions exist. When the modulus only varies along 
points in radial direction, one mainly affects the bending stiffness of the prosthesis. 
An equal bending stiffness can be generated by an infinite number of 
Young'smodulus distributions in radial direction. And because the bending stiffness 
of the stem largely determines the load transfer from stem to bone, it implies that 
an infinite number of equivalent solutions exist, of which the optimal homogeneous 
stem (Fig 5.a and 5.b) is one. 
When complete non-homogeneity of the prosthetic material is allowed, i.e. the 
modulus is variable in 13 points along the axial and 5 points along the radial 
direction, minimizing the interface stress function yields the property and interface 
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0.0 GPa 
16.7 
33.3 
50.0 
66.7 
Θ3.3 
100.0 
Figure 6 a Distribution of optimized prosthetic 
Young's modulus and interface shear stress, 
using 13 design nodes distributed along axial 
direction The resorbed bone mass fraction mr is 
not constrained 
Figure 6.b Optimized prosthetic Young's modulus 
and interface shear stress, using 13 design nodes 
distributed along axial direction The resorbed 
bone mass fraction mr is constrained to mrá0.25. 
shear stress distribution of Figure 7.a. Contrarily to the results achieved hitherto, 
the proximal stress peak has vanished and an almost uniform interface stress 
distribution has arisen. A comparison between the axially non-homogeneous 
distribution (Fig. 6.a) and the completely non-homogeneous distribution shows that 
this reduction of the proximal stress peak is achieved by a localized adaptation of 
the material stiffness in the proximal area. At the interface edge, the Young's 
modulus is reduced very locally. Also at the stem center the Young's modulus is 
considerably reduced. As a result, two thin 'pillars' transfer the prosthetic load at 
this point. Immediately above these pillars, the Young's modulus has a very low 
value. All these local adaptations are necessary for achieving proximally uniform 
stresses, as was found by making small alterations to this distribution. Restricting 
the resorbed bone mass fraction to 25% produces the modulus and shear interface 
stress distribution of Figure 7.b. Again, the shear stress distribution is almost 
uniform, although along a smaller part of the interface: along the most distal part 
of the interface, all stresses have disappeared. Functionally, the prosthesis has 
become shorter. 
We used a design node distribution of 3 points in radial direction and 13 points 
in axial direction to analyze the influence of varying the Young's modulus upper 
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Figure 7.a Distribution of optimized prosthetic 
Young's modulus and interface shear stress of 
completely non-homogeneous stem, using 5 x 1 3 
design nodes The resorbed bone mass fraction 
m, is not constrained 
Figure 7 b Optimized Young's modulus and 
interface shear stress for completely non-homoge­
neous stem, using 5 x 1 3 design nodes The 
resorbed bone mass fraction mr is constrained to 
m < 0 25 
bound E
m a x
, the stem length l
s
 and the parameter m in eq. (3). Repeating the 
previous analysis (E
m a x
=100 GPa and m
r
<0.25) using the new design point 
distribution produces the modulus and shear stress distribution of Figure 8.a. 
Compared to the analysis employing 5x13 design nodes (Fig. 7.b) the modulus 
distribution of Figure 9.a shows equivalent features, such as proximal 'pillars' and 
a low distal modulus. Yet, the structure is more coarse and, as a consequence, a 
proximal stress peak remains. Lowering the bound E
m a x
 to 40 GPa while allowing 
maximally 25% of the bone mass being resorbed (m
r
<0.25) leads to the modulus 
distribution of Figure 8.b. Compared to the distribution with a maximal modulus 
of 100 GPa (Fig. 8.a), the proximal stress peak is higher. The general appearance 
of the modulus distribution is quite comparable, with the gradual reduced modulus 
in axial direction and the two 'pillars'. For the analysis with an upper bound E
m a x 
of 100 GPa (Fig. 8.a), we determined the convergence rate of the optimization 
process (Fig. 9). The process clearly shows that the first 30 increments contribute 
most to achieving the design objectives; the rest of the increments mainly serve to 
reach the mathematical optimum. Figure 10 shows the modulus and interface shear 
stress distribution after 30 increments. Many aspects of the end solution (Fig. 8.a) 
are already present in this intermediate result, such as the receding distal modulus 
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Figure 8 a Optimized Young's modulus and 
interface shear stress using 3 x 1 3 design nodes. 
The resorbed bone mass fraction m r < 0 25, and 
the upper bound Eupp to the prosthetic Young's 
modulus is 100 GPa 
Figure 8 b Optimized Young's modulus and 
interface shear stress using 3 x 1 3 design nodes 
The resorbed bone mass fraction m,<0.25, and 
the upper bound E, 
modulus is 40 GPa 
objective function value 
125 г 
resorbed bone mass fraction 
'[ 
100 
75 
50 
25 
objective function f 
— constraint g 
V" 
0.5 
0.375 
0.25 
- 0.125 
0 10 20 30 40 50 60 70 80 90 100 
iteration no. 
Figure 9 Convergence of optimization process using 3 x 1 3 design 
nodes. The objective function value f and constraint value g = mr are 
shown as a function of the iteration number ι 
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Figure 10 Optimized Young's modulus and 
interface shear stress at iteration 30, using 3 x 1 3 
design nodes The resorbed bone mass fraction 
mrSO 25 
Figure 11 Optimized Young's modulus and 
interface shear stress using 3 x 1 3 design nodes 
The resorbed bone mass fraction m r < 0 25, and 
the initial Young's modulus was 10 GPa 
and an onset of the proximal 'pillars'. For a good estimate of the result, it seems 
not necessary to continue the optimization process until it has fully converged. The 
previous results (except for the analysis with the reduced maximum Young's 
modulus (Fig. 8.b)) were obtained using an initial uniform Young's modulus of 75 
GPa. Altering the initial Young's modulus to 10 GPa produces the optimal 
modulus and interface shear stress distributions of Figure 11, which is almost 
identical to that of Figure 8.a. This result suggests that the initial stiffness has only 
a minor influence on the end result. 
Reducing the stem length / to 65.5 mm (which implies that the number of axial 
design points reduces to 9), while keeping E
m a x
 = 100 GPa and т
л
<0.25, results 
in the modulus and interface shear stress distribution of Figure 12. Compared to 
the prosthesis with the full length (Fig. 8.a), the distal interface stresses have risen 
slightly, but the general appearance of the modulus distribution is hardly affected. 
Finally, we determined the effect of changing the value of the peak attenuation 
parameter m (Eq. 2) by raising it from m=2 to m=4 (Fig. 13). When compared to 
the results using the lower value m = 2 (Figs. 8.a and 11), a rise of the peak 
attenuation parameter produces a modulus and shear stress distribution which is 
less smooth. 
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16.7 
33.3 
50.0 
66.7 
83.3 
100.0 
Figure 12 Optimized Young's modulus and 
interface shear stress using 3 x 9 design nodes. 
The resorbed bone mass f ract ion m r < 0 . 2 5 , and 
the stem length l s is reduced to 65.5 m m . 
Discussion 
Figure 13 Optimized Young's modulus and 
interface shear stress, using 3 x 1 3 design nodes. 
Resorbed bone mass f ract ion m r < 0 . 2 5 , and peak 
parameter value m = 4. 
Regarding the optimization results presented here, two aspects are of concern. The 
first one is, whether the design optimization method presented in this study 
'works': does it give solutions to the design problem as it is posed, are the 
solutions reasonable and do these solutions teach something about the design 
problem? The second aspect involves the formulation of proper design goals and 
constraints: does our knowledge of prosthetic failure mechanisms suffice to apply a 
mathematical design optimization method? 
Considering the first aspect, the minimizing solutions must be judged relative to 
the design goal formulated in this study, i.e. find a Young's modulus arrangement 
which generates the most favorable interface shear stress distribution around the 
prosthesis, given the constraint that only a limited fraction of the bone mass is 
allowed to resorb. Theoretically, an optimal solution with respect to minimal shear 
interface stresses only, will generate constant shear stresses along the interface (see 
Fig. 14.a, comp. Huiskes and Boeklagen 1989). The lower the bone mass fraction 
m
r
 that is allowed to resorb (the tighter the constraint g (л:) in eq. (1)), the more 
load must be transferred proximally. The only way to transfer load more proximal-
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ЕЕ 
ΞΕ 
a b 
prosthesis bone 
shear interface stress 
shear stress around a prosthesis loaded wit 
a bending moment, a Resorbed bone mass 
fraction is not constrained b Resorbed 
ly is by rising the value of the interface stress­
es. As the total amount of load to be trans­
ferred remains constant, the functional inter­
face, which is the part of the interface that 
actually transfers load, must become less (Fig. 
14.b). In other words: the functional length of 
the prosthesis must become shorter. 
The solutions that are generated reflect this 
consideration. When permitted by the density 
of the design point distribution, the optimiza­
tion scheme produces a solution that generates 
constant stresses along a part of the interface 
(see Fig. 7). Proximally, this uniform interface 
stress distribution is accomplished by creating a 
very complicated Young's modulus distribu­
tion. Some aspects, like locally decreasing the 
Young's modulus at the interface edge (thus 
creating a kind of 'recesses'), are found by 
other authors as well. Huiskes and Boeklagen Гі.Іи^1*°Р™а1^^Т™.'°П5 °f i n t e r f a c e 
(1989), optimizing the shape of a cemented 
prosthesis with respect to interface stresses, 
found a prosthesis having a Strong proximal bone mass fraction is constrained. 
taper and, consequently, an enlarged cement 
mantle thickness. Practically, this has the same stress-reduction effect. In the 
design of adhesive joints, this strategy is found too (e.g. Adams 1989). When the 
adherent (which is suffer than the adhesive) is tapered at the interface edge, 
whereas the adhesive is made thicker and a low-stiffness fillet is created, the joint 
strength is increased more than five times. However, a thorough analysis of the 
value of this localized adaptation is very complicated, so its practical value is yet 
to be seen. 
Distally, a uniform interface stress distribution is accomplished by gradually 
decreasing the Young's modulus in the distal area (Figs. 6, 7, 10 and 12). This 
feature can also be recognized in Huiskes and Boeklagen (1989), who found an 
optimized prosthesis with a gradual decreasing diameter towards the distal end. 
Although it is essentially the same 'recesses-strategy' that was found proximally, it 
spans a larger region. So, contrarily to the proximal adaptations, its practical value 
does not require further analysis. 
When the creation of localized proximal adaptations is prohibited by the crudity 
of the design point distribution (Fig. 10), the stem modulus simply hits its upper 
bound in the proximal region. Now the objective of uniform interface stresses 
cannot be met, as a proximal interface stress peak remains. Compared to the 
uniform proximal stress distribution, this stress peak denotes a 'surplus' of 
proximal load-transfer. The amount of this proximal surplus determines the 
remaining interface stress distribution. When the amount suffices to transfer all the 
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load that is needed to prevent bone resorption in excess of the maximal allowed 
fraction mr, the interface stresses distally of this proximal peak are reduced to zero 
(Fig. 7.b). When the amount of load transferred proximally does not suffice, the 
rest of the load that is needed to prevent excessive resorption is transferred 
uniformly along the remainder of the interface (Fig. 6.b or 8.a). For this part of 
the interface, the same consideration holds which was derived for the optimal 
solution: the value of the interface stresses and the length of the interface (and 
thereby the length of the prosthesis) is determined by the bone mass fraction that is 
allowed to resorb. Comparing Figures 7.b and 8.a, using different densities of the 
design point distribution, demonstrates that this density determines, to a large 
extent, whether the distal end of the 'functional' interface really acquires the 
uniform load transfer. 
In conclusion, we can safely assume that the optimization scheme as proposed 
in this study is capable of finding solutions that are optimal with respect to its 
goal. The amount of iterations required are in the order of the amount of design 
variables, which is to be expected for a SQP-routine (Schittkowski 1987), which is 
very efficient when compared to other optimization routines that often require 10-
20 times as many iterations (e.g. Belegundu and Arora 1985). It generates 
plausible solutions, as the optimization results are optimal with respect to the 
design goal, and the strategy can be explained by comparing them to work of other 
authors. 
The fact that the optimization scheme works is interesting, but what it teaches 
about stem design is even more interesting. Supposing less bone is to be resorbed 
around a bonded stem, the classical answer would be to reduce the stiffness of the 
prosthesis. This will indeed prevent severe bone resorption (e.g. Huiskes et al. 
1992), but it is inevitably associated with a sharp concentration of the load transfer 
at the proximal interface edge (Fig. 4.a). It will be favorable to transfer the load 
more uniformly. As exposed already, if less bone is to be resorbed, this uniform 
load transfer has to be transferred along an interface that is shorter than the 
Driginal one: the length of the stem must decrease (comp. Fig. 14). The 
Dptimization results show that uniform load transfer along a short interface can be 
accomplished, provided that two requirements are met. Firstly, localized 
adaptations of the Young's modulus at the proximal interface region should be 
created. However, determining the precise form of these adaptations demands 
more sophisticated analyses than employed here. Leaving these localized 
adaptations out, the proximal interface stresses will be equal to their value using 
homogeneous stems (compare Figs. 4.b and 8.a), and it therefore seems 
advisable, in that case, to give the stem a high proximal modulus. Secondly, the 
Young's modulus of the distal end should gradually decrease. Summarized to one 
sentence, if the object is to preserve more bone around bonded hip stems, without 
sacrificing interface stability, the optimization results suggest that one should 
rather think of constructing a shorter and stiffer prosthesis, than of constructing a 
more flexible one. 
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It should be appreciated that a very simplified model of a bone-prosthesis 
configuration has been used, which only represents the essential characteristics of 
the prosthesis-bone load transfer mechanism. However, as found by Huiskes and 
Boeklagen (1989), amongst others, general trends that are found using this simple 
model will be retrieved in more elaborate models as well. On the other hand, all 
quantitative findings should be treated with great care. 
As mentioned, there are two aspects of concern when regarding the 
optimization analyses. The second aspect involves the formulation of proper design 
goals and constraints: does our knowledge of cementless prosthetic failure 
mechanisms suffice to apply a mathematical design optimization method? In this 
study two mechanisms of cementless prosthetic failure are recognized: bone 
resorption due to stress shielding and interface failure. Bone resorption does not 
necessarily lead to prosthetic failure. However, it does entail potential dangers. 
For instance, the remaining weakened bone stock could fragment during removal 
of the prosthesis when a revision has to be performed, or provide poor support for 
revision (Engh and Bobyn 1988). The potential for bone resorption of a prosthesis 
is therefore considered as an adverse property of a prosthesis, which has to be 
restricted. Knowledge about and mathematical modeling of bone remodeling due to 
an altered stress state subsequent to the implantation of a prosthesis, has reached a 
high state of maturity (Huiskes et al. 1987, 1989, 1992; Weinans et al. 1992b). 
Using a bone remodeling simulation, the stress shielding effect of a prosthesis can 
be predicted in great detail. As shown elsewhere (Chapter 2), the amount of bone 
loss calculated from a direct comparison between the distribution of the strain 
snergy per unit of bone mass of an intact femur and that of a femur with 
prosthesis corresponds very well to the simulation predictions when the prosthesis 
is bonded to the bone. It can therefore be concluded that we know enough about 
this phenomenon to apply it in an optimization process. 
Contrarily to this, the mechanism of interface failure is much more poorly 
understood. In the literature, three mechanisms are frequently mentioned. These 
ire failure of attaining bone-ingrowth, leading to an increased probability of pain 
ind gross loosening, severe pain despite bony ingrowth, and loosening despite 
bony ingrowth (Bragdon et al. 1991, Collier et al. 1988, Cook et al. 1988). In this 
study, we have summarized these problems to a problem of high interface stresses. 
However, this cannot be fully justified. Failure of attaining ingrowth is commonly 
attributed to a lack of 'initial stability', i.e. excessive micro-movements and the 
presence of gaps between stem and bone (Collier et al. 1988, Cook et al. 1988). 
Піе level of the interface stresses is only weakly related to this phenomenon: one 
:an argue that interface stresses exceeding the interface strength indicate that bone 
ingrowth will not occur. Bony ingrowth does not exclude severe pain. The 
mechanism that causes pain is hardly understood, but many authors consider a 
:ombination of high interface stresses and small relative motions responsible (e.g. 
Collier et al. 1988, St. Ville et al. 1990). So, the level of the interface stresses 
may be a good indicator for the probability of pain occurrence, and reducing this 
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level thus contributes to preventing the occurrence of mid-thigh pain. Also the 
mechanism that causes prosthetic loosening after ingrowth occurred is not yei 
clear. When one assumes the mechanisms that cause failure of 'normal 
engineering construction being responsible for prosthetic loosening as well, a static 
overload or a fatigue mechanism are likely candidates. However, as exposée 
extensively already, a thorough quantitative analysis of these phenomena ii 
extremely difficult. Therefore, one should regard the results presented here only a! 
guidelines in the search for improved prosthetic designs. 
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Appendix I 
Local coordinate generation. 
A method to perform the transformation from an arbitrary shape to a square or 
cube can be derived from Zienkiewicz and Morgan (1983, ρ 217 ff.). It essentially 
implies solving the Laplace equation V2u = 0. We solve this equation as a heat 
conduction problem, so u denotes the temperature. With (f,rj,f) as local coordina­
tes, the solutions of the three equations: 
ν
2
ξ=0; ξ=±1 V2V=0; η= ±1 V
2f = 0; f = ± l ( А 1 Л ) 
on the original prosthetic domain produce the local coordinate system. The 
boundary conditions (ξ,τ/,ί" = ±1) are applied at the appropriate boundaries (Fig. 
15). The elastic properties are needed at each integration point of each finite 
element. Solving equations (1.1) on the same FEM-mesh as the one used for the 
stress calculations, and sampling the solutions (£,i),f) at the integration points, 
yields the local coordinate of each integration point. This provides enough 
information to perform the interpolation. 
Figure 15 Boundary conditions for local coordinate f. 
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Appendix II 
The adjoint variable method 
A description of the adjoint variable method for the determination of the gradient 
of a function relative to elastic properties is given here. Since only linear material 
properties are used in this chapter, the description restricts itself to the linear case. 
The more interested reader is referred to the relevant literature (e.g. Haug et al. 
1986, Yang et al. 1984). 
Starting-point is the FEM base-equation: 
K(b)u = ƒ < A I U ) 
where: К = stiffness matrix 
b = vector of elastic properties 
и = vector of nodal displacements 
ƒ = vector of nodal forces 
The objective functions q(b,u) whose gradient will be determined (e.g. eq. (3) and 
(4)) are in fact functionals, i.e. integrals of functions. An example is: 
q= [f[a{b;u))da (AII.2) 
where: q(&,«) = global objective function 
f(a) = local objective function 
a = stress tensor 
Ω = volume 
Applying the chain rule, the derivative of the function q to the vector of elastic 
properties b is: 
to (AII.3) 
db 
The term dq/db represents the change of q in an element due to a change of b in 
the same element. The term (dqldu)Tduldb represents the change of q in an 
element due to a change of b in all other elements. In this term, du/db denotes the 
change of all nodal displacements и due to a change of b. This matrix can be 
determined from the derivative of eq. (All. 1) to b. Assuming that the nodal loads ƒ 
do not depend on b, this derivative is: 
dq
 = dq+ dq 
db db \ du 
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db db 
(AII.4) 
or, after rewriting: 
db db 
(AII.5) 
Computing this matrix requires the solution of as many extra loading cases as there 
are variables b. Since the matrix is multiplied by a vector, most of the information 
which is accumulated in the matrix is lost later. Therefore this extensive calculati-
on is largely a waste of effort. The alternative presents itself after substituting eq. 
(AII.5) in eq. (AII.3): 
dq dq 
áb = lb 
dq 
du db 
(AH. 6) 
The term (dq/db)TK~l can be obtained from one extra loading case by solving the 
following adjoint equation: 
Kp-p. 
du 
(MU) 
where: ρ = vector of adjoint displacements 
(dqldb) = vector of adjoint loads 
Its solution proceeds fully analogue to the solution of eq. (All. 1), hence: 
p=K -l3q 
du 
(All. 8) 
or: 
,r_ aq 
du К 
-1 (AII.9) 
After substituting eq. (AII.9) into eq. (All.6), the full expression for the gradient 
becomes: 
dq
 =
 ^Н_„гаК
ц 
áb db db 
(ΑΠ. 10) 
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Appendix III 
Accuracy of interface stress calculation. 
Two methods exist for obtaining the value of interface stresses. Firstly, one can 
extrapolate the interface stresses from the stresses within the most flexible of the 
two materials adjacent to the interface (extrapolation method). Secondly, one can 
use the value of the nodal forces that act between the elements of the materials 
adjacent to the interface, and divide these forces by the area attributed to the nodal 
points (force method). We compared the performance of the two methods using an 
interface problem for which an analytical solution exists: an elastic stiffener 
bonded to a half plane (Erdogan and Gupta 1971). Figure 16 shows the FEM-mesh 
and the load that were used. The values of relevant parameters and dimensions are 
shown in Table III. We used two different stiffener lengths in order to study the 
effect of increasing the mesh density along the interface. Figures 17.a and 17.b 
show the (dimensionless) shear stress r/F0 at the interface as a function of the 
(dimensionless) interface coordinate s=\lls, as calculated by Erdogan and Gupta 
(1971) and as obtained from the FEM-calculations, using the two different me-
thods. The figures show that both methods approximate the analytical solution very 
close, except at the interface edges. Here, the extrapolation method almost 
completely misses the stress peaks at the edge, whereas the force method clearly 
shows these peaks. For both methods, the value of the interface shear stress at the 
interface edge is very sensible to the local mesh density. Halving the element size 
increases the edge stress value by some 35%. 
x-0 
o=-2Fn 
Figure 16 FEM-mesh, boundary conditions and applied load for bonded stiffener 
problem. 
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Table III Parameters for problem of elastic stiffener bonded to a 
half plane 
parameter value 
stiffener height hs 
stiffener length ls 
stiffener Young's modulus Es 
stiffener Poisson's ratio vs 
plane Young's modulus Ep 
plane Poisson's ratio vp 
λ (see Erdogan et al. 1971) 
3 . 1 9 - 1 0 2 mm 
0.51 mm and 0.255 mm 
60GPa 
0.3 
3.19 GPa 
0.3 
5/6 
dimensionless shear stress τ / F0 
8r 
method (mesh) 
о form (coarse) 
A extrapolation (coarse) 
о force (Bne) 
x extrapolation (fine) 
— analytical (Erdogan ef a/.) 
0.8 1.0 
S-X/Іъ 
Figure 17 Analytical (Erdogan et al 1971) and numerical results for 
bonded stiffener problem, using the extrapolation method and the 
force method 
Chapter 4 
Numerical optimization of hip-prosthetic 
stem material 
Introduction 
Bone resorption around cementless hip stems is increasingly worrying clinicians 
(Bobyn et al. 1992, Coventry І992, Harris 1992). Although the direct clinical 
risks are probably negligible, since no clinical problems related to bone resorption 
have been reported, significant potential risks exist. For instance, when a revision 
has to be performed, the remaining bone stock could fragment during removal of 
the old prosthesis or provide poor support for the new prosthesis (Bobyn et al. 
1992). And precisely because cementless devices are particularly advocated as 
solutions for the younger patients, who will need their implants for a relatively 
long period of time, a revision is very likely. It is therefore only logical, that 
much effort is being put into developing cementless designs which will cause less 
bone resorption. Quite often, more flexible prosthetic materials are chosen, 
because they produce higher, more natural bone stresses (Huiskes et al. 1990, 
1992, Morscher and Dick 1983, Spector 1988). However, flexible prostheses not 
only cause less resorption, they also generate high proximal interface stresses 
which may provoke interface failure (Huiskes et al. 1990, 1992). So the cure may 
be worse than the complaint: in stead of facing a potential problem, the clinician 
finds himself confronted with very tangible problems like severe thigh pain and 
prosthetic loosening (Jamkin et al. 1988). 
In this paper, we introduce numerical design optimization as a method to 
generate designs (or at least design guidelines) which may produce a way out of 
the dilemma. Accepting the fact that insertion of a prosthesis will always lead to 
some bone resorption, we will try to determine the characteristics of a hip stem 
with a (non-homogeneous) Young's modulus distribution producing the most 
favorable interface stresses, while keeping the bone loss within acceptable bounds. 
Methods 
Optimization scheme 
Figure l.a shows a scheme of a program which searches an optimal distribution of 
elastic properties, relative to a number of design criteria. Such a program is 
basically a combination of two core routines: a FEM-routine and an optimization 
routine. The FEM-routine simulates the mechanical behavior of the bone-implant 
configuration. Its input consists of the geometry (embodied into the FEM-mesh) 
and the loading conditions of bone and prosthesis, the contact conditions between 
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Initial design 
constraints 
3 [optimization routlñej-
-Q 
new design 
-0. 
optimal design 
Ό. 
stresses/strains 
-CL 
objective/constraint functions 
J) 
^ ¡optimization routine 
n«w deign 
^uFEM^outlnel 
adjoint 
*<*» Г г ^ 
objective/ " Γ ™ * * 
eonstralnl *]ee«ve/ 
optimal design 
functions constraint functions 
Figure 1 A structural optimization scheme, a (left) No analytical gradient calculation is performed, 
(right) Analytical gradient calculation is performed using the adjoint load method. 
bone and prosthesis, and the elastic properties of the bone. This part of the FEM-
input is kept constant during the optimization procedure. The elastic properties of 
the prosthesis form the design variables that are to be optimized. This variable part 
of the FEM-input is generated by the optimization routine, which thus generates 
prosthetic Young's modulus distributions. The output of the FEM-routine consists 
of displacements, strains and stresses inside bone and prosthesis, and at the 
interface. These stresses and strains reflect the mechanical behavior of the 
prosthetic design which was generated by the optimization routine. Mathematical 
functions of the stresses or strains express the quality of the design. The values of 
these functions serve as input for the optimization routine, which uses them as 
objective or constraint functions. Hence, the FEM is nothing more than a tool to 
find the (complex, non-linear) relation between design variables and objective 
functions. The optimization routine adapts the Young's modulus distribution such 
as to improve the quality of the design, which means that it tries to minimize the 
objective function while satisfying the constraints. The process of evaluating the 
quality of a property distribution and improving this distribution is repeated until 
the optimal distribution has been found. 
The prosthetic design domain is assumed to be occupied by a material having 
non-homogeneous elastic properties. These properties are described using a 
property distribution function, which is to be optimized. In the present program, 
elastic properties are defined at a limited number (currently 500) of points and 
linearly interpolated between them. 
Adapting the property distribution requires information on the influence of the 
ïlastic property b of each of these points on the objective and constraint functions 
f. In other words: the gradients or sensitivities dï/db of these functions f relative to 
the design variables b has to be determined. It is advantageous to calculate these 
sensitivities analytically, as optimization routines perform better when provided 
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with exact gradients (Gill et al. 1981). Moreover, when there are many variables 
(and elastic properties occupy the complete volume, so there will be many), 
determining the gradients numerically using some finite difference method takes 
too much time. We use the adjoint variable method to determine the gradients 
(Haug et al. 1986, Yang et al. 1984). This is a very efficient method, as the 
number of extra loading cases that need to be solved for determining the gradient 
does not depend on the number of variables. It only depends on the number of 
objective and constraint functions. The implementation of the adjoint variable 
method requires that the optimization scheme is changed. The FEM-routine not 
only has to determine stresses and strains, but it also has to determine the adjoint 
stresses and strains that are used to calculate the gradients (Fig. l.b). 
The two core routines of the optimization scheme are commercially available 
programs. The FEM-routine is the MARC Finite Element program (MARC 
Analysis Research Corporation, Palo Alto). It is a general purpose FEM-program 
which is easily combined with user-routines, due to its open structure. The 
optimization routine must be suitable to solve a non-linearly constrained 
optimization problem. In other words, it must find the minimum of a non-linear 
function of several variables, while satisfying non-linear constraints. Several 
studies (Belegundu and Arora 1985a, 1985b, Schittkowski 1985, Thanedar et al. 
1986) have shown the good performance of Sequential Quadratic Programming 
(SQP) algorithms for these kind of structural optimization problems, in terms of 
accuracy, reliability and efficiency. From the available SQP routines we have 
chosen NCONG (IMSL Math/Library, Houston 1987), which is a slightly modified 
version of Schittkowski's routine NLPQL (Schittkowski 1985). It is well-suited to 
be combined with the structure of the M ARC-program and performs satisfactory. 
Objective functions 
The quality of a prosthesis is often measured in terms of survivalship. Thus, 
improving the quality of a prosthesis implies enhancing its survival probability, or 
in other words, minimizing its failure probability. We confine ourselves to two 
important failure mechanisms: interface failure due to excessive loads at the 
interface and excessive bone resorption due to abnormally reduced stresses. The 
optimization procedure must find an elastic property distribution which 
compromises between the likelihood of these mechanisms to occur. Hence, 
objective functions must be found which adequately express the amount of bone 
loss due to a prosthesis with a specific elastic property distribution, and the 
probability for interface failure. 
A good estimate of the amount of bone loss can be made by employing a bone 
remodeling simulation analysis (Huiskes et al. 1992). Unfortunately, this is a 
CPU-time consuming process and thus unfit for implementation into an 
optimization scheme. A quick and adequate assessment of the probable bone loss 
can be made by simply counting the amount of bone which is underloaded 
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(Chapter 2). Bone can be considered locally underloaded when its local strain 
energy per unit of bone mass S(*) is beneath the local reference value Sref{x), 
which is the value of S when no prosthesis is present. However, it is observed that 
not all underloading leads to resorption: a certain fraction of underloading (the 
threshold level or dead zone s) is tolerated (Frost 1987, Huiskes et al. 1992). 
Hence, the definition should be adjusted: bone is considered underloaded when the 
local value of S is beneath the local value of (l-j)Sref. The following function 
yields the value of the resorbed bone mass fraction: 
mT(b) = ljig{S(b;x))p(x)àx , (1) 
where: 
mr(b): resorbed bone mass fraction 
b: vector of design variables 
M: original bone mass 
Ω: original bone volume 
x: volume coordinates 
p(x): local bone density 
g(S(b;x)): resorptive function; for S<(l-j)S
r e f , #(S) = 1, else £(S)=0 
Here, m
r
 will be used as a constraint function. In other words, no more than a 
particular bone mass fraction mT of the original bone mass is allowed to be 
resorbed. 
The inclination towards interface failure is expressed by the following function 
of the interface stress distribution: 
F(*) = U(f(c(b;p)))máp , (2) 
where: 
F(b): global interface function or global failure index 
b: vector of design variables 
Π: interface area 
p: interface coordinates 
m: peak parameter 
a(b;p): interface stress tensor 
f(a): local interface function or local failure index, 
JK
 S,SC
 n 
where: 
X X 
1 2 
—a
s
 (elliptic function), 
σ
π
 and a
s
: normal and shear interface stress 
S
c
, St and Ss: compressive, tensile, and shear strength, all 
depending on the bone density 
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The global failure index F is known as the stress-area integral (Creyke 1982). 
For brittle materials, it is used to assess the net effect of a non-uniform surface 
stress distribution. The choice of a specific form of the local failure index f(a) 
depends on the assumed local failure mechanism. Supposing that interface failure 
actually occurs in the bone surrounding the prosthesis (as was demonstrated by for 
instance Clemow et al. (1981)), interface failure will be governed by the failure 
properties of bone. These have been shown to be of an orthotropic (or elliptic) 
nature and to correlate strongly to the bone density (Kaplan et al. 1985, Stone et 
al. 1983). The relations between the strengths St, St and Ss, and the bone density, 
as determined by these experiments, are substituted into f{a). The local value of 
failure index f(a) denotes the probability of local failure: a value ft»>>l 
indicates a high failure probability, whereas f(a)<<\ indicates a low failure 
probability. The value of parameter m controls the extent to which peak values of 
the local index f(a) contribute to the global function F: a higher value of m 
emphasizes the contribution of peak stresses relative to the contribution of lower 
values. Regardless of the value of m, the optimal distribution of interface stresses, 
when no further constraint is active, will always be one that generates uniform 
values of the local index f(a). Whether the level of m influences the optimal 
solution in the presence of constraints is to be investigated. High values of 
parameter m might adversely affect the convergence rate of the optimization 
routine (Gill et al. 1981). 
It should be appreciated that the function has to serve only as a qualitative 
indicator: given the constraint that the bone be 
loaded sufficiently, our objective is to find the 
best distribution of the interface stresses. 1158 N 
FEM-model and optimization parameters 
A two-dimensional FEM-model of a cementless 
prosthesis implanted into a bone (Fig. 2) was 
used to test the optimization scheme. The 
model is provided with a side-plate, which is 
not visible in the figure. The non-homogeneous 
bone density distribution of the model matches 
that of a three-dimensional model, whose 
density distribution was determined from CAT-
scans (Huiskes et al. 1992). The prosthesis is 
loaded with a cycle of three loading cases, 
derived from Carter et al. (1989), representing 
daily loading activities. We confined ourselves 
to prostheses that are fully bonded to the 
Surrounding bone. Clinical Studies indicate that,
 F l g u r e 2 Two-dimensional FEM-model of 
When Compared tO partly COated ones, the USe bone-prosthesis configuration with non-
of ful ly coated prostheses leads to less pain h°m°9eneous bone dens.ty distribution 
and 3 loading cases 
351 N 
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complaints (Bobyn et al. 1992). The threshold level 5 (1) was set to 0.50, and the 
parameter m (2) was set to 2. 
Scope of the present study 
In order to address the question raised in the introduction, namely how to reduce 
the probability of bone loss without increasing the prospect of interface failure, 
four analyses are performed. As a reference, the resorbed bone mass fraction mT 
(1) and the distribution of the value of the local failure index /(σ) (2) around a 
titanium stem (Young's modulus 115 GPa) is determined. Next, three different 
prostheses are determined, each restricting the resorbed bone mass fraction mT to 
7.5%. The first prosthesis has the same geometry as the titanium one. The value 
of the Young's modulus, required for restricting the bone loss to 7.5%, is obtained 
using the optimization program. The second prosthesis has the same material 
properties as the titanium one, but its length is reduced. The required length is 
found by parametric variation. As mentioned in the introduction, these are 
'traditional' ways of reducing bone loss. The third prosthesis has the same 
geometry as the titanium one, but its Young's modulus is allowed to be non-
homogeneous. The modulus distribution is defined by attributing a Young's 
modulus to 15 points along the prosthetic length and linearly interpolating between 
them. Allowing a maximal modulus of 100 GPa, the optimization program is used 
to determine the modulus distribution generating the most favorable interface stress 
distribution, while limiting the amount of bone loss. 
Results 
Figure 3 shows the distribution of the failure index around the titanium stem. At 
each point, the maximal value that was reached in any of the three loading cases is 
shown. The distribution suggests that, except from the distal end where the peak 
index value is 2.04, the entire interface is only moderately loaded. The resorbed 
bone mass fraction mT according to (1) is 26%. Next, three prostheses are 
determined, each reducing the amount of bone loss to 7.5%. Figure 4 shows the 
distribution of the failure index around the first bone loss-reducing prosthesis, 
namely the flexible one. The prosthetic Young's modulus as determined by the 
optimization program is 36 GPa. One can see clearly that the load transfer has 
shifted in proximal direction: proximally a sharp failure index peak of 2.57 has 
evolved, whereas the distal peak has decreased. Figure 5 shows the distribution of 
the failure index around the second bone-loss-reducing prosthesis, a titanium one 
whose stem length is reduced to about 40% of the original length. Compared to 
the longer prosthesis (Fig. 3), the distal peak has increased sharply to a value of 
17.4. Proximally, the value of the failure index is similar to that of the longer 
titanium stem. Figure 6, finally, shows the distributions of the failure index and of 
the optimized prosthetic Young's modulus for the third bone loss-reducing 
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Figure 3 Distribution of local failure index Ца) 
around titanium prosthesis (E = 115 GPal. The 
resorbed bone mass fraction mr is 26%. 
Figure 4 Distribution of the local failure index f(u) 
around a flexible prosthesis (E = 36 GPa). The 
resorbed bone mass fraction mr is 7.5%. 
prosthesis. In general terms, a prosthesis evolved which is relatively stiff at the 
proximal end, and whose stiffness gradually recedes towards the distal end. 
Entirely proximally, the stem modulus also recedes, which means that in fact a 
prosthesis has evolved, showing a kind of proximal 'belly' in the Young's modulus 
distribution. Comparing the distribution of the failure index of this optimized 
prosthesis to that of the long titanium prosthesis clearly illustrates the proximal 
shift of load transfer. However, this proximal shift is obtained without excessively 
rising the failure index: along the entire interface its value is relatively moderate. 
Discussion 
Regarding the optimization analysis results presented here, two aspects are of 
concern. The first one is, whether the design optimization method presented in this 
study 'works': does it give solutions to the design problem as it is posed, are the 
solutions reasonable and do these solutions teach us something about the design 
problem? The second aspect involves the formulation of proper design goals and 
constraints: does our knowledge of prosthetic failure mechanisms suffice to apply a 
mathematical design optimization method? 
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Figure 5 Distribution of the local failure index Hai Figure 6 Distribution of the local failure index Ho) 
around a short titanium prosthesis (E = 115 around an optimized prosthesis (Em a x = 100 
GPa). The resorbed bone mass fraction m f is GPa} The resorbed bone mass fraction m r is 
7.5% 7.5%. 
Considering the first aspect, the solutions must be judged relative to the design 
goaJ formulated in this study, i.e. find a Young's modulus arrangement which 
generates the most favorable distribution of the local failure index around the 
prosthesis, given the constraint that only a limited fraction of the bone mass is 
allowed to be resorbed. The solution that is generated appears to meet this goal, as 
the maximal values of the failure index are only moderate (Fig. 6), when 
compared to homogeneous prostheses producing the same amount of bone loss 
(Figs. 4 and 5) and also when compared to a homogeneous titanium prosthesis that 
will induce more bone resorption. Satisfying the constraint of limited bone loss 
requires proximal load transfer. Hence, in the optimized situation the entire 
interface is not loaded uniformly, but the emphasis is on the proximal part. 
However, at this proximal part the failure index is distributed quite uniformly. So, 
we can safely assume that the optimization scheme as proposed in this study is 
capable of finding solutions that are optimal with respect to the goal presented to 
it. This is an interesting fact, but what the results teach us about cementless stem 
design is even more interesting. Supposing less bone is to be resorbed around a 
bonded stem, the classical answers would be to reduce either the stiffness or the 
length of the prosthesis. Both measures will indeed prevent severe bone resorption. 
Reducing the stem modulus, however, is inevitably associated with a distressing 
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load increase of the proximal interface edge (Fig. 3), whereas reducing the stem 
length rises the distal interface stress peaks (Fig. 4). The optimization result 
teaches us that a third method exists: a stem having a high proximal modulus and a 
gradually decreasing Young's modulus towards the distal end. When compared to 
the 'traditional' options, a non-homogeneous stem is able to transfer the joint load 
to the bone more proximally without simultaneously rising the interface stresses to 
an alarming level. It is interesting to note the similarity between the optimized 
modulus distribution as found here, and the optimized geometry of a cemented 
stem as determined by Huiskes and Boeklagen (1989). They found a stem having a 
proximal 'belly', and a gradually receding diameter towards the distal end. 
It should be understood that only a simple two-dimensional model of a bone-
prosthesis configuration has been used, which can only represent a part of the 
three-dimensional characteristics of the prosthesis-bone load transfer mechanism. 
However, the quality of this simplified representation is quite reasonable as long as 
the loads are restricted to the mid-frontal plane, and a side-plate is used 
(Verdonschot and Huiskes 1990). 
As mentioned above, there are two aspects of concern when regarding the 
optimization analyses. The second aspect involves the formulation of proper design 
goals and constraints: does our knowledge of cementless prosthetic failure 
mechanisms suffice to apply a mathematical design optimization method? In this 
study two mechanisms of cementless prosthetic failure are recognized: interface 
failure and bone resorption due to stress shielding. Bone resorption does not 
necessarily lead to prosthetic failure. However, it does entail potential dangers 
(e.g. the remaining weakened bone stock could fragment during removal of the 
prosthesis when a revision has to be performed, or provide poor support for 
revision (Bobyn et al. 1992)). The amount of bone loss that a prosthesis generates 
is therefore considered an adverse property of a prosthesis, which has to be 
restricted. Knowledge about and mathematical modeling of bone remodeling due to 
an altered stress state subsequent to the implantation of a prosthesis, has reached a 
tiigh state of maturity (Huiskes et al. 1992, Yang et al. 1984). Using a bone 
remodeling simulation, the stress shielding effect of a prosthesis can be predicted 
in detail. As shown in chapter 2, the amount of bone loss calculated from a direct 
:omparison between the distribution of the strain energy per unit of bone mass of 
an intact femur and that of a femur with prosthesis corresponds reasonably well to 
the simulation predictions (Chapter 2). It can therefore be concluded that we know 
enough about this phenomenon to apply it in an optimization process. 
Contrarily to bone resorption, the mechanism of interface failure is poorly 
understood. In the literature, three mechanisms are frequently mentioned. These 
are failure of attaining bone-ingrowth, leading to an increased probability of pain 
and gross loosening, severe pain despite bony ingrowth, and loosening despite 
bony ingrowth (Bragdon et al. 1991, Collier et al. 1988, Cook et al. 1988). In this 
study, we have reduced these problems to a problem of high interface stresses. 
However, this cannot be fully justified. Failure of attaining ingrowth is commonly 
attributed to a lack of 'initial stability', i.e. excessive micro-movements and the 
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presence of gaps between stem and bone (Collier et al. 1988, Cook et al. 1988). 
The level of the interface stresses is certainly related to this phenomenon: one can 
argue that interface stresses exceeding the interface strength indicate that bone 
ingrowth will not occur. Clinical experience with hip stems made from more 
flexible materials supports this vision: these devices never grow in and induce 
massive fibrous tissue encapsulation (e.g. Jakim et al. 1988), which might be 
expected from the distribution of failure indices around the flexible stem (Fig. 4). 
Bony ingrowth does not exclude severe pain. The mechanism that causes pain is 
hardly understood, but many authors consider a combination of high interface 
stresses and small relative motions responsible (Collier et al. 1988, St. Ville et al. 
1990). So, the level of the interface stresses may be a good indicator for the 
probability of pain occurrence. For instance, the high distal level of the failure 
index generated by a titanium stem might well correlate to the occurrence of mid-
thigh pain, and reducing this level then contributes to preventing the occurrence of 
mid-thigh pain. Also, the mechanism that causes loosening of ingrown prostheses 
is not yet clear. When one assumes the mechanisms that cause failure of 'normal' 
engineering constructions being responsible for prosthetic loosening as well, a 
static overload or a fatigue mechanism are likely candidates. However, a thorough 
quantitative analysis of these phenomena is extremely difficult. Locally, i.e. at the 
position of the stress concentration, the basic assumption of linear elasticity, 
namely moderate stress and strain gradients, is not valid. This hampers the 
application of simple failure criteria based on stress and strength. Instead, one 
must have recourse to fracture mechanics methods, or must make a very detailed 
FEM-mesh, which includes all the geometric features one finds in reality (such as 
small fillets or roundings) and restores the moderate stress gradients. It also 
implies that the peak values of the failure index, that invariably occur at the 
interface edges, should be judged with great care. Moreover, the interface strength 
is extremely non-homogeneous. We already incorporate the influence of bone 
density. Retrieval studies of porous coated implants (Collier et al. 1988, Cook et 
al. 1988) suggest that bone ingrowth into the coating is limited to some small 
spots, with the largest 'spot-density' at the distal region of the porous coating. 
Hence, developing a full-fledged statistical theory on the phenomenon of interface 
fracture will be very complicated. 
However, when one appreciates the goal of this study, i.e. finding a prosthesis 
that produces a limited amount of bone loss while minimizing the probability for 
interface failure, it should be clear that this goal does not necessarily require a 
quantitatively accurate function. A qualitatively accurate function, as was used 
here, suffices for a first approach. 
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Chapter 5 
Three-dimensional optimization of hip 
prosthetic design 
Introduction 
Despite several innovations during the past decade, some persistent problems still 
restrain the clinical success of cementless prosthetic designs. Among the most 
important of these problems are probably pain (Collier et al. 1988, Wixson et al. 
1991), 'loosening' (Bragdon et al. 1991, Haddad et al. 1990) and bone resorption 
(Bobyn et al. 1992, Harris 1992). 
Pain and loosening directly influence the clinical performance, because they 
sometimes necessitate removal of the prosthesis (Collier et al. 1988, Vresilovic et al. 
1992). The precise etiology of pain is unknown. Because loose prostheses are well-
known to generate pain, relative motions between prosthetic tip and bone are often 
mentioned as pain triggers (Spector et al. 1990). However, even well-fixed stems can 
provoke severe pain, typically at the tip of the stem (end-stem or mid-thigh pain, 
Collier et al. 1988, Cook et al. 1988). For this reason, some authors (e.g. St. Ville 
et al. 1990) have hypothesized that high local stresses (maybe in combination with 
small relative motions) may also act as pain-triggers. Prosthetic 'loosening' is another 
important reason for removal of the prosthesis. Indirectly, because the loose 
prosthesis generates pain, as well as directly, because the loose prosthesis impedes the 
patient. However, loosening might be a misleading term. For mechanical loosening 
to occur, prosthesis and bone must by definition be mechanically bonded. When 
regarded critically, it seems that most 'loosened' prostheses were either never in-
grown by bone (Engh et al. 1990), or press-fitted designs which by their nature can 
never become mechanically bonded. Hence, all 'loosened' prostheses have probably 
been mechanically loose from the onset, which suggests that the appropriate way to 
solve this problem is to offer favorable ingrowth conditions. Probably, the factors that 
prevent bone to grow in are excessive relative motions at the bone/prosthesis interface 
(Pilliar et al. 1986) and/or excessive interface stresses that cause an immediate 
fracture of the bone, were it to grow in. Hence, the prevention of pain as well as the 
enhancement of bone ingrowth are probably served by low interface stresses and small 
relative motions. 
Contrarily to pain and non-ingrowth, which pose an immediate problem, massive 
proximal bone resorption around the prosthesis poses a potential problem. Although 
proximal bone resorption does not seem to influence the clinical performance of the 
prosthesis, it does without doubt compromise revision surgery (Bobyn et al. 1992, 
Harris 1992). This is increasingly worrying clinicians, because cementless designs are 
typically advocated for younger patients, thereby creating a large potential for 
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revision. Most likely, the mechanism causing proximal bone resorption is the 
remodeling capacity of bone. This is the capacity of bone to adapt its structure and 
density to the imposed bone load, as was first discussed by Wolff in his well-known 
book (Wolff 1892). Under normal conditions, it is a very advantageous property, 
allowing bone to optimize its properties relative to the internal stresses and strains. 
However, in the presence of a prosthesis, the remodeling capacity turns into a 
disadvantage. Inserting a prosthesis leads to a reduction of the stresses inside the 
bone, in particular proximally (stress-shielding). This provokes the bone to reduce its 
density. The mechanism being known, the remedy is very simple in concept: to 
increase the stresses inside the proximal bone. This design goal can be accomplished 
by changing the prosthetic design. In general, a prosthetic design is described by its 
geometry, its elastic properties and its bonding characteristics. Because the geometry 
is more or less imposed by the geometry of the bone, attempts to increase the 
proximal bone stresses have focussed upon applying more flexible materials 
(Morscher and Dick 1983) or restricting the coating area to the proximal part of the 
prosthesis (Bobyn et al. 1992). However, it seems that both these measures to 
decrease bone resorption lead to a decrease of the clinical performance. Restriction 
of the coating area increases distal interface motion, thereby also increasing the 
potential for pain (Bobyn et al. 1992). Decreasing the material stiffness increases the 
proximal interface stresses to a critical level (Chapter 4, Huiskes 1992), and probably 
increases proximal relative motions between bone and prosthesis (Chapter 6). As a 
consequence, bone ingrowth will be prevented and pain is generated (Jakim et al. 
1988). 
Clearly, the limitations on measures that can be taken to reduce bone resorption 
are extensive. Because present experience suggests that both of the aforementioned 
'standard' measures do not suffice, a novel approach may be required. Earlier studies 
have demonstrated the potential benefit of allowing non-homogeneous elastic 
properties for the prosthetic material (Chapter 3 and 4). The complicated task of 
finding an appropriate property distribution can be performed by a mathematical 
design optimization program. After all, we know quite well what we want: a 
prosthesis that induces only a limited amount of bone loss, while generating a 
favorable distribution of the interface stresses and relative movements. These design 
Dbjectives can be translated into mathematical terms, and mathematical optimization 
methods can be employed to generate a cementless prosthetic design that fulfills these 
abjectives as good as possible. The process of numerical design optimization is not 
new, particularly in aircraft-design it is used for a long time already (Haftka and 
Stames 1974). In the field of orthopaedics, it has been introduced for optimizing the 
leometry of cemented prosthetic designs (Huiskes and Boeklagen 1990). The present 
study is a sequel to earlier studies, that employed simplified two-dimensional models 
[Chapter 3 and 4). Here, we employ a more sophisticated three-dimensional model 
of a bone-prosthesis configuration, which provides the possibility to include out-of-
plane loading modes. The purpose of this study is to answer two questions. First, is 
it possible, by using non-homogeneous material properties, to generate prosthetic 
iesigns that reduce the amount of resorbed bone to an acceptable level, while still 
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generating a favorable interface stress distribution? And second, what degree of 
inhomogeneity is typically required to accomplish this goal? Throughout the analyses, 
it will be assumed that the prosthesis is completely bonded to the surrounding bone, 
and that the geometry of the prosthesis is fixed. 
Methods 
Optimization routine 
I 
Young's modulus 
distribution 
t 
objective constraint 
Interface stress 
(global failure rate) 
elastic energy • 
(resorbed bone mass) 
The design optimization scheme that we 
use has been treated extensively elsewhere 
(Chapter 3). It combines a Finite Element 
routine and a numerical optimization 
routine (Fig. 1). The optimization routine 
iteratively improves the prosthetic design. 
It is guided by the results of the FEM-
routine, which is used to evaluate each of 
the designs that is generated by the 
optimization routine. Suitable optimization 
routines and FEM-routines are readily 
available. We used the optimization 
routine NCONG (IMSL Inc., Houston, 
Texas) and the MARC FEM-program 
(MARC Analysis Corporation, Palo Alto, 
California). It is the connection between 
the two routines which requires the main 
effort. Two links are involved. The first 
one passes the quality of the design on 
from FEM-routine to optimization routine. 
For that, objective functions are needed 
which express the design quality (Fig. 1). 
These objective functions will be treated 
in the following section. The second link passes the design characteristics on from 
optimization routine to FEM-routine. Currently, it is assumed that the prosthetic 
design domain has a fixed geometry, which is occupied by an isotropic material 
having non-homogeneous elastic properties. These properties are described using a 
property distribution function, which is to be optimized. In the present program, 
elastic properties are defined at a limited number of points and linearly interpolated 
between them. The elastic properties of these discrete points are the design variables 
to be optimized, and the second link comprises the interpolation of the variables over 
the prosthetic domain (Fig. 1). 
Figure 1 Optimization scheme for stem properties 
optimization. 
The design objectives that we want to meet have been formulated in the 
introduction as to limit the amount of bone loss while generating a favorable 
distribution of the interface stresses. Hence, we require two functions to evaluate the 
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quality of a specific design. One function 
must predict the amount of bone loss in­
duced by a specific prosthetic design, and 
the other must yield the quality of the 
interface stress distribution generated by 
this design. It has been shown previously 
(Chapter 2) that knowledge of the stress 
shielding effect is sufficient for an adequate 
prediction of the amount of bone loss 
around a bonded prosthesis. The essence ÍS F'9ure 2 Relation between elastic energy per unit or 
to determine the total mass Of the bone bone mess (S) and probably preserved local bone 
mass fraction. The dead zone 5 has been set to 
volume which is 'underloaded', as com- 0.75 
pared to the normal situation before inser-
tion of the prosthesis. This normal loading situation is calculated using a FEM-model 
of the intact bone. Following the observation that not all underloading leads to 
resorption, a certain fraction of load loss, the threshold level or dead zone s, is 
tolerated (Frost 1988, Huiskes et al. 1992, Fig. 2). The value of the strain energy per 
unit of bone mass is used as a measure for bone loading (Huiskes et al. 1992). 
The quality of the interface stress distribution is evaluated by comparing the 
interface stresses to the interface strength. The interface stresses are calculated from 
the values of the nodal forces, which act between the elements of the two materials 
adjacent to the interface. After rotating the force components to the local interface 
coordinate system, the value of each force component is divided by the area 
associated with the nodal point to yield the interface stresses. This method of 
calculating interface stresses is well-known in the field of contact mechanics (Oden 
and Carey 1984). The interface strength is assumed to be determined by the density 
of the bone adjacent to the interface, according to: 
5·
Γ
=14.5ρ 1.71 S=32.4p 1.85 S=21.6p 1.65 (1) 
where St is the tensile strength, Sc is the compressive strength, Ss is the shear strength 
and ρ is the bone density. These relations between density and strength have been 
derived from Kaplan et al. (1985) and Stone et al. (1983), who determined the static 
strength of trabecular bone for a range of bone densities. It has been assessed from 
tests on living bone tissue that the fatigue strength of living bone is about 40% of the 
static bone strength (Seireg and Kempke 1969). Therefore we have reduced all 
strengths by a factor of 2.5 for our calculations. Because the strength depends upon 
the loading direction (compressive, tensile or shear), Stone et al. (1983) proposed to 
use the Hoffman-criterion to indicate bone failure (Hoffman 1967): 
ƒ 1 
SA 
? 
c..
+ 
1 1 
— 
st sc 
1 2 (2) 
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where σ
η
 and a
s
 are the interface normal stress and shear stress, respectively. The 
Hoffman-criterion is an elliptic relation between stress and strength, where a larger 
value of ƒ denotes a higher failure probability. We use this relation to value the 
distribution of the interface stresses which is generated by a specific prosthetic design. 
For that, we calculate the distribution of the Hoffman-criterion at the interface, and 
subsequently integrate it over the interface area to yield the global failure index F: 
F = _ i _ f fPdArea (3) 
Equation (3) is based upon the so-called stress-area integral, which is used to assess 
the net effect of a non-uniform stress distribution at the surface of brittle materials 
(Creyke 1982). So F can be considered as the failure-area integral. The value of 
parameter ρ controls the extent to which peak values of the local index ƒ contribute 
to the global function F: a higher value of ρ emphasizes the contribution of peaks 
relative to the contribution of lower values. The constant с serves to give the global 
function F a value close to unity, which ensures a proper functioning of the 
optimization routine. 
The 3-dimensional FE model that we use represents a proximal femur, into which 
a prosthesis has been inserted. The femur modeled was selected out of a stock of 160 
embalmed specimens whose external dimensions have been determined and which 
have been inspected roentgenographically. Shape and density of this specimen are 
sonsidered more-or-less average. The bone was scanned on a CT-scanner in slices of 
t-mm thickness, yielding the bone contours and the CT-value of the bone at 27 cross 
sections. The CT-data were transferred to a graphics computer program for further 
processing. Using this program, the nodal points of the FE-mesh were arranged to 
represent the geometry of the bone contours (Fig. 3). To each element of the FE-
mesh, a bone density was attributed, based upon the average CT-value at each 
ïlement. For the conversion of CT-value to bone density, we assumed that the 
maximal CT-value inside the bone represents a density ρ = 1.73 gr/cm3. The Young's 
modulus and the strength of each element are derived from these average densities 
(see also Fig. 4). The relation between bone density and strength has been mentioned 
sarlier (eq. 1). The relation between bone density ρ and Young's modulus E 
ariginates from the work of Carter and Hayes (1977): 
E = 3790p3 <4) 
A set of three joint loading cases is considered, which together represent average 
iaily activities (Fig. 3 and Table I). Their magnitudes and directions have been 
:hosen from telemetrie measurements by Bergmann et al (1990) and Kotzar et al. 
[1991). The first two loading cases represent the peak joint forces that develop during 
ihe stand phase of normal walking (Bergman et al. 1990, Kotzar et al. 1991) and the 
:hird loading case represents the maximal joint load during stair climbing (Kotzar et 
il. 1991). The first loading case has the largest joint force (2460 N), whereas the 
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Figure 3 Finite element model of bone 
and prosthesis A set of three joint 
forces and three muscle forces is 
selected, whose orientation is shown 
Table I Magnitude and orientation of hip and muscle forces for 
three load cases 
Joint m. glut. m glut m glut 
force max. med mm 
F, (N) 
α
λ
 ( ° ) 
/?1 (°) 
F2 (N) 
a2 η 
ß2 (°l 
F3 (N) 
о3П 
/?3<°> 
2 4 6 0 
2 3 . 4 
5.7 
1830 
21 9 
-4.6 
1950 
25 
-15 
735 
39 9 
43 0 
52.5 
28.2 
24.3 
735 
63.8 
62 0 
735 
2 4 6 
24 8 
832.5 
2 0 8 
10 5 
735 
42.5 
57.7 
247 5 
28 4 
28 4 
165 
25 1 
1.9 
247.5 
4 2 . 0 
55.1 
π 0.0 gr/cm 
J 0.3 
0.6 
10.9 
1.2 
1.5 
11.8 
Figure 4 The bone density at the interface of bone and prosthesis 
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third loading case has the largest out-of-plane component. The insertion, orientation 
and magnitude of the corresponding forces in the three major muscles, the m. gluteus 
minimus, the m. gluteus médius and the m. gluteus maximus, have been taken from 
the work of Crowninshield and Brand (1981) and Dostal and Andrews (1981). 
In the present study, where a three-dimensional FEM-model is used, we have the 
possibility to determine which three-dimensional pattern of inhomogeneity is best 
suited to meet our design objectives. For this reason, we compare four distributions 
of design variables, which corresponds to different degrees of inhomogeneity. All four 
distributions have six variables in axial direction, between which the Young's modulus 
is interpolated. In addition, one distribution also has three variables in the medio-
lateral direction, and another has three variables in the anterio-posterior direction, 
hence both having 18 design variables. The last distribution has six variables in axial 
direction and three variables in both other directions, hence a total of 54 independent 
variables. Following earlier studies, the dead zone s, which is a zone around the 
'normal' remodeling equilibrium, in which no net bone mass loss or gain occurs (Fig. 
2) is set to 0.75. This value yields a realistic remodeling pattern (Huiskes et al 1992). 
A maximum bone mass loss of 35% in the proximal zone is assumed acceptable. The 
value of the prosthetic Young's modulus is bounded between 0.1 and 100 GPa. The 
value of parameter ρ in Eq. (3) was set to 2, and that of constant с was set to 500. 
Results 
First, the 'normal' or reference distribution of the strain energy per unit of bone mass 
was determined using a FE-mesh of the intact femur. This distribution is needed to 
calculate the probable amount of proximal bone loss. 
A common material for cementless prosthetic designs is titanium, with a Young's 
modulus of 110 GPa. By comparing the distribution of the strain energy per unit ot 
bone mass around this prosthesis to that inside the intact femur, it follows that around 
the proximal part of this prosthesis 81 % of the bone will be resorbed. The distribution 
3f the maximal values of the interface failure index according to Eq. (2), that 
Dccurred during any of the three loading cases, is shown in Fig. 5. Typically for a 
Table II Global failure index and maximum failure index of titanium and optimized 
prostheses. 
Prosthetic material 
titanium (Fig. 5) 
1x1x6 nodes (Figs. 6,7) 
1x3x6 nodes (Fig. 8) 
3x1x6 nodes (Fig. 9) 
3x3x6 nodes (Fig. 10) 
Global failure 
index F 
8.1 
8.1 
7.8 
6.1 
6.1 
Maximum I 
failure indi 
2.44 
1.86 
1.93 
1.63 
1.65 
ocal 
зх f 
Percentage of 
proximal bone 
resorbed 
81 
35 
35 
35 
35 
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Figure 5 The dist r ibut ion of the interface failure 
index f around a relatively sti f f t i tan ium prosthesis. 
The maximal value during any of the three loading 
cases is s h o w n . 
Figure 6 The optimized distr ibution of the prosthetic 
Young's modulus when the st i f fness is interpolated 
between 6 levels in axial direction 
relatively stiff prosthesis, the largest value is found at the distal end of the stem, and 
is 2.44. The proximal interface is only moderately loaded, as is demonstrated by the 
moderate maximal value of the failure index at the proximal end, which is 0.56. The 
value of the failure-area integral according to Eq. (3) is 8.1 (Table II). 
We will now use the optimization program to determine four different prosthetic 
designs. Each generates the most favorable interface stress distribution, as indicated 
by the stress-area integral (Eq. (3)), while keeping the amount of proximal bone loss 
below 35%. The Young's modulus of the first design is interpolated between six 
points that are distributed along the axial direction of the prosthesis. The resulting 
prosthesis has a relatively stiff part proximally, whereas the rest of its stem is 
relatively flexible, except for a small stiff part about halfway the stem (Fig. 6). The 
distribution of the maximal values of the failure index that occurred during the three 
loading cases is shown in Fig. 7. In contrast to the titanium stem, the highest values 
now occur proximally; the peak-value of 1.86 is found completely proximo-medial. 
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Figure 7 The distribution of the interface failure 
index f around the optimized stem of figure 6. The 
maximal value during any of the three loading cases 
is shown 
η 0.0 GPa 
16.7 
33.3 
50.0 
66.7 
83.3 
1100.0 
Figure 8 The optimized distribution of the prosthetic 
Young's modulus when the stiffness is interpolated 
between 6 levels in axial direction and 3 levels in 
anterio-postenor direction 
This high proximal value demonstrates the proximal load transfer induced by this 
prosthesis. The value of the objective function (Eq. (3)) is 8.1 (see also Table II). 
An extra grade of inhomogeneity arises when in addition to the previous six 
points, the Young's modulus is interpolated between three points in anterio-postenor 
or medio-lateral direction, hence the total number of design variables is raised to 18. 
The first of these two optimized prostheses (Fig. 8) resembles the axially 
inhomogeneous prothesis of Fig. 6. It is also stiff proximally, and relatively flexible 
for the remainder of the stem, again with the exception of a stiff part in the mid-stem 
region (Fig. 8). The distribution of the maximal values of the failure indices is also 
similar to that of the axially inhomogeneous stem (Fig. 7), although the peak value 
is slightly higher, namely 1.93 (Table II). The value of the objective function (Eq. 
(3)) is slightly lower at 7.8. (Table II). 
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Figure 9 The optimized distribution of the prosthetic 
Young's modulus when the stiffness is interpolated 
between 6 levels in axial direction and 3 levels in 
medio-lateral direction. Left- medio-postenor view. 
Right: latero-antenor view. 
Figure 10 Optimized distribution of prosthetic 
Young's modulus The stiffness is interpolated 
between 6 levels in axial, 3 levels in anterio-
posterior and 3 levels in medio lateral direction. 
Lelt' medio-posterior view Right, latero-antenor 
view 
Allowing for non-homogeneity in axial and medio-lateral direction leads to a 
different prosthesis. At the medial side, the complete proximal half is relatively stiff. 
At the lateral side, only the extreme proximal part is relatively stiff, although the 
Young's modulus is below the value of the medial side. The rest of the prosthesis is 
flexible, except for a lateral peak in the mid-stem region (Fig. 9). The distribution of 
the failure index resembles that of the first optimized stem (Fig. 7); only the maximal 
value is lower at 1.63 (Table II). The value of the objective function is 6.1 (Table II). 
The Young's modulus of the last optimized prosthesis is interpolated between six 
points in axial direction, and three points in both anterio-posterior and medio-lateral 
direction, hence it has 54 independent design variables. The resulting optimized 
prosthesis (Fig. 10) resembles the prosthesis of Fig. 9, where the Young's modulus 
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Figure 11 Derivative of the global failure index F to 
the local prosthet ic Young 's modulus for a t i tanium 
s tem. A posit ive value denotes that the failure 
index wi l l increase when the s tem modulus is 
increased locally. 
Figure 12 Derivative of the global failure index F to 
the local prosthetic Young's modulus for the 
opt imized stem of figure 9. A posit ive value 
denotes the failure index wil l increase when the 
stem modulus is increased locally. 
was interpolated between six points in axial and three points in medio-lateral 
direction. At the medial side, the proximal half of the prosthesis is relatively stiff, 
whereas at the lateral side the stiffness is lower and the stiff part is confined to the 
extreme proximal end. Again, the rest of the prosthesis is flexible, except for a part 
at the lateral mid-stem region (Fig. 10). The distribution of the failure index is similar 
to that of the other three optimized stems. The peak value is 1.65, and the value of 
the objective function (Eq. (3)) is 6.1 (see also Table II). 
The derivatives of the two objective functions (amount of bone loss and failure-
area integral) to the local prosthetic Young's modulus provide a good impression of 
the conflict that arises while simultaneously minimizing the potential for interface 
failure and minimizing the amount of bone loss. These derivatives reveal how the 
local Young's modulus affects the value of the failure-area integral (Eq. (3)) and the 
amount of bone loss. A positive value denotes that an increase of the Young's 
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Figure 13 Derivative of the probable amount of 
bone loss to the local prosthet ic Young 's modulus 
for a t i tan ium stem A posit ive value denotes that 
the amount of bone loss wil l increase when the 
stem modulus is increased locally 
Figure 14 Derivative of the probable amount of 
bone loss to the local prosthetic Young's modulus 
for the opt imized stem of figure 9 A positive value 
denotes that the amount of bone loss will increase 
when the stem modulus is increased locally 
modulus will increase the value of the failure-area integral, or the amount of bone 
resorbed. We determined these derivatives for two different designs, a titanium stem 
and the most inhomogeneous of the optimized prostheses (Fig. 10). The derivatives 
of the failure-area integral (Eq. (3)) inside the titanium stem have a small negative 
value almost everywhere inside the prosthesis, except at the distal end, where a high 
positive value is found, and at some proximal and lateral spots that have a slight, 
positive value (Fig. 11). These values imply that almost everywhere an increase of 
stem stiffness is beneficial with respect to the failure index distribution, except for the 
distal end and some proximo-lateral spots where a decrease is beneficial. The 
distribution of these derivatives inside the most inhomogeneous of the optimized stems 
also has a negative value almost everywhere inside the prosthesis, except at the distal 
end and some proximal and lateral spots (Fig. 12). Although similar to the titanium 
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stem in this sense, large differences exist. The positive value at the distal end is much 
smaller, whereas at the proximo-medial part a much higher negative value is found, 
lust like for the titanium stem, almost throughout the prosthesis an increase of the 
stiffness would be beneficial, in particular proximally. Only at the far distal end, the 
stiffness might be reduced further. 
The derivative of the amount of proximal bone loss to the local Young's modulus 
is somewhat more difficult to interpret. We determine the amount of bone to be 
resorbed by summing the mass of all bone which is mechanically loaded below a 
threshold or reference load level (see also Fig. 2 and Chapter 2). Only when the bone 
load is within the relatively small threshold zone, a virtual change of bone load will 
influence the amount of bone to be lost. It implies that the derivative of the amount 
of proximal bone loss to the local Young's modulus will only differ from zero when 
the bone load is within the threshold zone (Fig. 2). When the bone load is above or 
below the threshold zone, a zero value for the derivative will be found. Conversely, 
when the derivative differs from zero, it indicates the location where a change of the 
Young's modulus influences the amount of bone loss most effectively. But when the 
derivative has a zero value, the bone is loaded above or below the threshold zone, and 
it therefore requires a relatively large change of the Young's modulus before the 
amount of bone to be lost is significantly influenced. The derivative of the amount of 
proximal bone loss to the local Young's modulus inside the titanium stem has an 
almost zero value throughout the stem, except for a very small medial spot (Fig. 13). 
The amount of proximal bone loss around the titanium stem is very high, which 
indicates that the proximal bone is mostly underloaded. Hence, the very low value of 
the derivative denotes that a relatively large change of the stem modulus is required 
for a significant reduction of bone loss. Unlike the titanium stem, the derivative 
around the optimized stem has a very high value, in particular at the 'edges' of the 
stiff proximo-medial part (comp. Figs. 8 and 14). It denotes that a reduction of the 
Young's modulus at those points will significantly reduce the amount of proximal 
bone loss. However, such a modulus reduction would cause a conflict with the first 
design objective. As can be seen in Figure 12, an increase of the Young's modulus 
in that same region is required to reduce the probability of interface failure. So, the 
optimal Young's modulus distribution is precisely at a point where both of the 
:onflicting design objectives pull very hard in opposite directions. 
Discussion 
The approach towards prosthetic design being followed in this study consists of two 
steps. First, we select factors that are supposed to have a significant influence upon 
the quality of cementless hip stem performance. Second, we try to find prosthetic 
designs that can be considered optimal with respect to these factors. These designs 
should not be considered as ready-made designs that can be used immediately. 
Instead, they provide a 'search-image' that can be kept in mind while trying to 
improve cementless prosthetic designs. Off course, these 'optimal' designs are 
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primarily the reflection of the factors chosen. In this study, we regarded two factors, 
namely the amount of bone loss to be expected, and the level of the interface stresses. 
Together, these factors cover a large part of the presently known (mechanical) 
disadvantages of cementless prostheses. 
Four optimized stems were generated. Restraining or allowing inhomogeneity in 
anterio-posterior direction hardly influences the appearance of the prosthesis and the 
failure index distribution (comp. Fig. 6 to Fig. 8 and Fig. 9 to Fig. 10). Hence, 
effectively two groups of prostheses emerge, one in which medio-lateral 
inhomogeneity is restrained (Fig. 6 and 8), and one in which it is allowed (Fig. 9 and 
10). The relative insignificance of the anterio-posterior direction suggests that out-of-
plane loading plays only a minor part. For bonded prostheses like these, the loading 
components in the mid-frontal plane seem the most significant, which has been 
suggested by other authors as well (Cheal et al. 1992). 
Despite the separation in two groups, all four optimized stems seem variations on 
a single basic concept: a stem that is relatively stiff proximally and relatively flexible 
distally. This global appearance does not differ from results from earlier studies, 
employing two-dimensional FEM-models (Chapter 3 and Chapter 4). This contributes 
to the suggestion that the effects of out-of-plane loading are only secondary to the 
effects of the mid-frontal plane loading. This basic feature of the optimized prostheses 
is a compromise between the two conflicting design goals, which are to minimize the 
potential for interface failure and to keep the amount of proximal bone loss below 
35%. Minimizing the potential for interface failure requires an adaptation of the 
Young's modulus inside the entire prosthesis. In global terms, an increase of the 
Young's modulus is needed throughout the prosthesis, except for the distal and 
proximo-lateral part of the stem, where a decrease of the Young's modulus is needed 
(Figs. 11 and 12). If minimizing the potential for interface failure were the sole 
objective, a prosthesis would emerge having a high Young's modulus proximally, and 
a gradually decreasing Young's modulus towards the distal end (comp. Chapter 3 and 
Huiskes and Boeklagen 1989). However, this is not the only objective. The constraint 
of keeping the amount of proximal bone loss below 35 % also requires an adaptation 
of the prosthetic Young's modulus, although predominately in the proximal part of 
the stem, as can be observed from Figs. 13 and 14. Satisfying this constraint requires 
a decrease of the proximal prosthetic Young's modulus, in particular at the lower end 
of the zone in which the proximal bone loss is determined (Fig. 3). In fact, the 
derivatives suggest a local 'constriction' of the Young's modulus, which leads to a 
reduction of the prosthetic effective length to the aforementioned proximal zone. 
As far as the distal part of the stem is concerned, combining the two objectives 
does not cause a design conflict. Both objects of minimizing the interface failure 
probability and restricting the amount of proximal bone loss are served by a more 
flexible distal end. The real confrontation takes place proximally, where the 
satisfaction of both objectives requires a simultaneous increase and decrease of the 
prosthetic stiffness. When no medio-lateral inhomogeneity is allowed, the conflict is 
solved in the way that was suggested before: locally decreasing the Young's modulus. 
As a consequence, the prosthesis is effectively split into two separate parts. Because 
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all load transfer from prosthesis to bone occurs in the proximal part, the prosthetic 
length is effectively reduced (Fig. 6 and 8). Introducing medio-lateral inhomogeneity 
changes the prosthetic appearance: medially, the region of high prosthetic Young's 
modulus is enlarged somewhat, whereas laterally, the Young's modulus is reduced. 
This 'stiffness-rearrangement' slightly reduces the load on the proximo-medial 
interface. 
The optimized prosthetic appearance corresponds to the clinical experience, as far 
as the rejection of very flexible implants is concerned (Jakim et al. 1988). As an 
alternative, a short and relatively stiff prosthesis is suggested. When possible, it 
should be somewhat stiffer medially than laterally, and its stiffness should decrease 
towards distally. This can be accomplished by choosing a non-homogeneous material, 
but particular design changes, like adapting the stem diameter or fabricating grooves 
into the stem material, might have a similar effect. 
It should be appreciated that attempts to optimize prosthetic properties are by their 
nature limited in two ways. First, they rely upon the current knowledge of prosthetic 
failure mechanisms. Although consensus seems to exist with respect to aspects that 
may be relevant, such as the level of the interface stresses and relative motions 
(micro-motions) between bone and prosthesis (Pilliar et al. 1986), the relative 
importance of these factors, let alone a reliable quantification of stresses or motions 
allowed, has not yet been determined. Secondly, optimizing prosthetic properties 
requires accurate and efficient modeling of the aspects which are relevant for a proper 
functioning of the prosthesis. The accuracy is needed in order to attain relevant 
solutions. The efficiency is required because design optimization is an iterative and 
CPU-time consuming process. Hence, when each iteration itself contains extensive 
calculations, physical boundaries are easily hit. As far as the probable amount of 
resorbed bone is concerned, the proposed method of determining this amount satisfies 
both criteria of accuracy and efficiency (Chapter 2). The levels of interface stresses 
and interface strength are also readily calculated. This allows for a fast and efficient 
identification of 'critical spots', such as the proximo-medial interface for a flexible 
prosthesis, and the distal-lateral interface for a stiff prosthesis. However, any 
interpretation of the value of the stress/strength ratio (i.e. the Hoffman-criterion) that 
surpasses use as a qualitative indication would be rather unwise. For such an 
interpretation, the method is too crude, for several reasons. First of all, interface 
stress calculations are notably disturbed by edge effects. This makes it difficult to give 
a quantitative interpretation to the value of stress peaks at interface edges, precisely 
the spots where stress peaks are found (see Chapter 3 for a more extensive 
discussion). 
Secondly, the calculation of the interface strength is based upon a large number 
of assumptions. We assume that the interface is as strong as its weakest part, which 
we consider to be the bone. This seems true for an interface with cancellous bone, 
as is suggested by various experiments (Galante et al. 1971, Manley et al. 1987). 
However, when the interface is adjacent to cortical bone, interface shear strengths are 
reported between 10% (Cook et al. 1991) and 50% (Cook et al. 1985, de Groot 
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1989) of the strength of cortical bone, which suggests that we overestimate the 
strength in that case. A second assumption concerns the relations between bone 
density and bone strength (Eq. (1)). These relations have been determined from 
tensile, compressive and shear tests on bovine cancellous bone (Kaplan et al. 1985, 
Stone et al. 1983). For human cancellous bone, only the relation between density ρ 
and compressive strength S
c
 has been determined. Linde et al. (1991) found 
S
c
=40.2p L 6 ; i , which is close to the corresponding relation for bovine bone that we 
used. Kaplan et al. (1985) and Stone et al. (1983) determined the strength-density-
strength relations (Eq. 1) using cancellous bone with a density range between 0.3 and 
0.7 gr/cm3. Yet, beyond this range the relations seem to hold as well. When the 
density of cortical bone (p
c
=1.73 gr/cm3) is substituted, strengths are calculated 
which are in the range of human cortical bone strengths (Table III). 
Table III Comparing the multiaxial strengths of cortical bone as extrapolated from 
experiments on bovine cancellous bone (Eq. 1, using p = 1 73, Kaplan et et. 
1985 and Stone et al. 1983) and as determined by Reilly and Burstein (19751. 
Tensile strength (MPa) 
Compressive strength (MPa) 
Shear strength (MPa) 
Extrapolated 
from eq. 1 
37 
89 
53 
Reilly and Burstein 
(1975) 
51 
133 
68 
Even when the stress and the strength could be calculated very accurately, still 
much too little is known about the role played by the interface stresses to allow for 
a straightforward usage of a stress/strength ratio. After all, the severity of a specific 
interface stress level is not only determined by the ratio of the stress to the strength, 
but probably also by its pain-provoking potential (St. Ville et al. 1990). And research 
into this aspect is still at a very preliminary stage. We confine ourselves to the 
immediate post-operative density distribution of the bone for calculating the interface 
strength and the failure index distribution. However, this is a transient situation. 
Adaptive bone remodeling will occur, leading to a change of bone density, and 
thereby of bone and interface strength. Very likely, these density adaptations will not 
have a harmful effect upon the interface failure probability. Around all optimized 
stems, the very proximo-medial part of the interface is most prone to failure in the 
immediately post-operative situation (Fig. 7). In the normal situation, the relatively 
thin cancellous bone at this interface is hardly loaded. After insertion of the 
prosthesis, it is more or less compressed between the prosthesis and the proximo-
medial cortical bone. Remodeling will increase the density of the cancellous bone (as 
the bone stress is above the normal level), thereby increasing the interface strength. 
Simultaneously, remodeling decreases the density of the cortical bone (as the bone 
stress is below the normal level), thereby releasing the compression of the cancellous 
bone between prosthesis and cortical shell. In conclusion, with so many factors 
indeterminate, it will be hard to find a function that gives a substantially better 
indication of the quality of the interface stress distribution generated by a specific 
prosthetic design than the one that we used here. 
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As long as the prosthesis is well fixed to the bone, the shorter prosthesis will 
probably function satisfactorily. Experiments by Krushell et al. (1989), who found no 
significant differences when comparing the fixation strength of proximally ingrown 
stems with and without distal stems, justify this assumption. In fact, the features of 
the optimized prostheses challenge us to reconsider the function of the distal part of 
the prosthetic stem. As demonstrated, this part of the stem has no mechanical function 
for a bonded prosthesis. It might even have a disadvantageous effect, because it 
generates high distal stress peaks, which possibly cause 'end stem pain' (St. Ville et 
al 1990). Yet the distal part of the stem may have a function for the non-bonded 
stem. It probably serves the initial stabilization of the non-bonded prosthesis, which 
means that it helps to suppress the amplitude of micro-motions at the bone-prosthesis 
interface. Experiments that were performed by Zalenski et al. (1989) confirm this. 
Besides the level of the interface stresses, the amplitude of the relative movements 
between prosthesis and bone (the 'micro-motions') is considered an important 
indicator for the quality of a specific prosthetic design (Pilliar et al. 1986, Schneider 
et al. 1989). Hence, this aspect should be considered before an attempt to translate 
the present results into a practical design. 
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Chapter 6 
Towards FEM-modeling of dynamic interface 
motion 
Introduction 
Following implantation, cementless implants are not bonded to the surrounding 
bone. Therefore, loading the prosthesis will cause movements of the prosthesis 
relative to the bone. It is beyond discussion that these micro-motions at the 
bone/implant interface have a notable effect on the clinical success of cementless 
hip arthroplasty. As far as coated devices are concerned, the amplitude of the 
micro-motions determines to a large extent whether bone will grow into or will be 
apposed to the coated surface, or whether the implant will be encapsulated by a 
fibrous-tissue layer (Pilliar et al. 1986, Saballe et al. 1991, Spector 1988). For 
press-fitted designs, the amplitude of the micro-motions is assumed to determine 
whether or not a stable interface will develop and is maintained (Schatzker et al. 
1975, Uhthoff and Germain 1977). 
Laboratory experiments have been performed to assess the amplitude of the 
micro-motions. For instance, these have revealed clear differences between the 
'initial stability' (which is the immediately post-operative capacity to prevent 
motions at the interface) of various cementless prosthetic designs (Callaghan et al. 
1992, McKellop et al. 1991, Schneider et al. 1989). However, they reveal little 
about the mechanisms that govern the movements of a prosthesis inside the bone. 
For instance, the relation between stresses at the interface, frictional properties of 
the bone-prosthesis connection and relative motions is hardly addressed. A similar 
situation once existed for bonded implants. Mathematical modeling has vastly 
contributed to our understanding of the mechanical behavior of these bonded 
prosthesis. For instance, the load transfer mechanism from prosthesis to bone has 
been revealed largely with the help of analytical and finite element modeling (e.g. 
Huiskes 1980, Huiskes and Chao 1983). With respect to the mechanical behavior 
of unbonded prostheses, in particular where micro-motions are concerned, 
mathematical modeling may well yield a similar benefit (e.g. Weinans et al. 1993). 
The present study explores the Finite Element Method (FEM) as a tool to 
investigate the mechanisms that govern micro-motions. We concentrate on two 
aspects, namely the influence of friction at the bone-implant interface, and the 
influence of the implant stiffness, both as a result of a continuous loading cycle. 
Additionally, we evaluate how friction at the interface influences the load transfer 
mechanism from the unbonded prosthesis to the surrounding bone, as compared to 
a frictionless unbonded interface and as compared to a fully bonded interface. 
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Methods 
A 2-dimensional FEM-model of the proximal 
femur with an exactly fitting implant was con­
structed (fig. 1). It was assumed that the femur 
consists of cortical bone, having a Young's mod­
ulus of 17,000 MPa, and cancellous bone, having 
a Young's modulus of 600 MPa. A side-plate with 
the properties of cortical bone was added to ac­
count for the 3-D structural integrity of the bone. 
Contact between prosthesis and bone was modeled 
using 'gap-elements', that employ Lagrange nodes 
to enforce the contact conditions. The MARC 
Finite Element program (MARC Analysis Corpo­
ration, Palo Alto, California) was used to solve the 
FEM-equations. A set of three joint loading cases, 
that represent normal daily activities, was applied 
in a dynamic loading cycle (Carter et al. 1989, see 
Fig. 1). The first loading case represents the hip 
joint load during the stance phase of walking, and 
the other two loading cases represent more ex­
treme daily loads that occur less frequently. 
Three different values for the coefficient of 
friction μ between bone and prosthesis were stud­
ied, namely μ =0.0 (no friction), μ=0.15 (lubri­
cated friction) and μ=0.40 (unlubricated friction). 
The second value comes from a lubrication handbook (O'Connor 1968). It is a 
typical value in case a 'fairly effective' lubricant is used; it may be assumed that a 
mixture of blood and marrow acts as such. The third value for μ (μ =0.40) is a 
typical value for unlubricated or poorly lubricated friction between metals and non-
metals (O'Connor 1968). It corresponds to experimentally determined coefficients 
of friction between wet bone and smooth titanium (e.g. Hayes and Perren 1972, 
Shirazi-Adl et al. 1992). Two different values of the prosthetic Young's modulus 
E were used, namely E= 110 GPa (titanium) and E = 17 Gpa (a hypothetical 'iso-
elastic' material with a stiffness similar to cortical bone). For each value of the 
two parameters μ and E we determined the subsidence of the prosthetic tip, the 
amplitude of the interface relative motions and the interface stresses. The 
subsidence is defined as the total displacement difference between the prosthetic tip 
and the adjacent bone. Hence, it may be regarded as the 'rigid-body' displacement 
of the prosthesis relative to the bone. The amplitude of the interface motions is 
defined as the amplitude of the cyclic displacement difference between prosthesis 
and bone at the interface. In addition, we determined the amplitude of the gross 
motion, which is the amplitude of the cyclic displacement difference between the 
Figure 1 Two-dimensional FEM model 
of a bone prosthesis configuration A 
side plate connects the medial and 
lateral cortex The three loading cases 
are shown 
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proximo-lateral side of the prosthesis and the top of the greater trochanter. In 
laboratory experiments, this quantity is often determined to assess the amplitude of 
the interface motions (McKellop et al. 1991, Sharkey et al. 1991). 
Results 
It appeared that the presence or absence of friction at the interface substantially 
influences the general behavior of the model. When frictionless interface contact is 
assumed, each new loading cycle generates exactly the same displacements as the 
previous one. During the loading cycle, the prosthesis moves up and down inside 
the bone, almost like a rigid body (Fig. 2). When friction is assumed, the behavior 
changes drastically. Instead of moving the prosthesis up and down, like in the 
frictionless case, each new loading cycle gradually drives the prosthesis further 
into the bone, until (after some 5-8 cycles) a 'steady state' has been reached (Fig. 
2). In this steady state, each new loading cycle leads to a repetition of the 
prosthetic positions of the previous loading cycle. Within a loading cycle, the 
displacement difference of the prosthetic tip relative to the bone hardly varies, 
although at the interface the prosthesis still moves relative to the bone. In the 
sequel, we will confine ourselves to the steady state where interface motions are 
concerned, because the motion patterns that are generated in this state behave 
consistently. 
For all values of stem stiffness and coefficients of friction, the subsidence of 
the prosthetic tip is represented in Fig. 3. Regardless of the coefficient of friction, 
the iso-elastic stem migrates more than the titanium stem, although the differences 
are not extensive. When lubricated friction is assumed (μ=0.15), the steady state 
subsidence is slightly above the value found for frictionless contact. For 
unlubricated friction (μ=0.40), the subsidence is clearly less. 
subsidence of prosthetic tip (mm) 
1 
0.8 
o.e 
0.4 
03. 
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• μ-0.15 
μ-0.4 
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loading cyde 
;¡gure 2 Subsidence of the stem-tip during the 
First eight loading cycles for a titanium prosthesis, 
assuming three different values for the coefficient 
3f friction at the interface μ. 
subsidence (μπι) 
600 
И titanium 
m ¡so-elastic 
μ-0.0 μ=0.15 μ-0.4 
Figure 3 Average subsidence of the stem-tip in 
the 'steady' state for two values of the prosthetic 
Young's modulus and three values of the 
coefficient of friction μ between bone and 
imolant. 
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Figure 4 Amplitude of the cyclic movements along the interface for two values of the prosthetic 
Young's modulus and three values of the coefficient of friction μ between bone and implant. 
The impact of friction and Young's modulus on the amplitude of the interface 
micro-motions is much larger than the impact on the subsidence. Both the value 
and the distribution along the interface of the amplitude are affected. Without 
friction, the amplitude of the interface motions is almost uniformly distributed 
(Fig. 4). Although the iso-elastic stem generates somewhat larger motions, the 
difference between both types of prostheses is relatively small. When friction is 
introduced, the amplitude of the motions is reduced considerably. Even assuming 
little friction (μ=0.15), the reduction is at least 65% (at the medial proximal 
interface of the iso-elastic stem), and on the average a reduction of 85% is found. 
In addition, differences between both stems appear. Around the titanium stem, the 
larger amplitudes are found distally, whereas around the iso-elastic stem the larger 
amplitudes are found proximally. Regardless of the type of friction assumed 
(lubricated or unlubricated friction), the overall-largest amplitude is found at the 
proximal medial interface of the iso-elastic stem. Its value is 150-200 μπι, which is 
about 3-4 times the amplitude found around the titanium stem. The smallest 
interface motions are found at the proximal-lateral interface of the titanium stem, 
where the amplitude (2-20 μπι) is about one third of the values found elsewhere. 
The amplitude of the gross motion, which is the amplitude of the cyclic 
displacement difference between the proximal prosthetic surface and the top of the 
greater trochanter, is in the range of the average amplitude of the interface motions 
(Fig. 4). With respect to the differences between stem flexibility and frictional 
properties, the gross motion reveals the same trends as the interface motions. 
However, it clearly overestimates the amplitude of the lateral interface motions. 
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Regardless of prosthetic stiffness, frictional property and loading case that were 
used, a similar interface normal stress pattern was always found around the 
unbonded prosthesis (Fig. 5). It is characterized by large compressive stresses, 
which are almost uniformly distributed, except from a distinct peak distally and 
smaller peaks at the transition of cortical and cancellous bone, and a slight drop at 
the proximal lateral side. Because of their (linear) relation to the normal stresses 
through the coefficient of friction μ, the shear stresses follow a similar pattern. 
During the dynamic loading cycle, the sign of the shear stresses continuously 
reverses, as it depends on the direction of the relative movements at the interface. 
The interface stress distribution around the bonded stem shows a clearly different 
pattern when compared to that around the unbonded stem (Fig. 6). Except for 
distinct peaks proximally and laterally and at the transition of cortical and 
cancellous bone, the interface stresses around the bonded stems are relatively low. 
For all three values of the coefficient of friction as well as for the bonded stem, 
the iso-elastic prosthesis generates larger proximal interface stresses, whereas the 
titanium prosthesis generates larger distal stresses (Fig. 7 and 8). Hence, in this 
respect the interface stresses reveal the same trend as the interface motions. As for 
the unbonded prosthesis, an increase of the coefficient of friction reduces the 
interface normal stresses (Fig. 7), simultaneously rising the interface shear stresses 
(Fig. 8). Comparing the interface normal stresses for frictionless and lubricated 
contact (μ=0.0 vs. μ=0.15) reveals a difference of 30% at most, suggesting that 
the effect of a small amount of friction on the interface stress distribution is much 
less than the effect on the amplitude of the interface movements, where a 
difference of at least 65% was found. Changing the interface condition from 
unbonded to bonded does have a notable influence on the magnitude of the 
interface stresses. 
Discussion 
When regarding the movements of a prosthesis relative to the bone, it seems that 
movements in the direction of the longitudinal axis (subsidence) and around the 
longitudinal axis (rotation) prevail. Studies from the past few years (Callaghan et 
al. 1992, Schneider et al. 1989) suggest that the rotational motion component may 
be the most important one from a clinical viewpoint. An accurate, simultaneous 
simulation of both of the motion components requires a three-dimensional FEM-
model. In this study, we used a two-dimensional side-plated model. With such a 
model, attention must be confined to movements in the longitudinal direction, 
hence to movements that may not be the most important ones from the clinical 
view-point. However, the principal goal of this study is not the accurate simulation 
of all relevant relative motion components. Instead, the emphasis lies on gaining 
some basic understanding of the effects of friction at the bone-implant interface 
and the prosthetic Young's modulus on the relative motions and the load transfer at 
the bone-implant interface under the influence of a continuous loading cycle. The 
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Figure 5 Distribution of the 
interface normal stress around a 
titanium prosthesis, assuming a 
coefficient of friction μ = 0.15 
between bone and implant. 
Figure 7 Distribution of the interface normal stress around an 
unbonded stem, using three values of the coefficient of friction μ 
between bone and implant, and around a fully bonded stem. Two 
values of the prosthetic stiffness were used. 
interface shear stress (MPa) 
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Figure 6 Distribution of the 
interface stresses around a fully 
bonded titanium prosthesis. 
Figure 8 Distribution of the interface shear stress around an 
unbonded implant, using three values of the coefficient of friction μ 
between bone and implant, and around a fully bonded stem. Two 
values of the prosthetic Young's modulus were used. 
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adequacy of a similar two-dimensional model has been examined by Verdonschot 
and Huiskes (1992). Assuming frictionless contact, they compared the interface 
stresses as obtained from a two-dimensional model to those obtained from three-
dimensional models. As long as the loading is restricted to the mid-frontal plane, a 
satisfactory agreement was found, both in a qualitative and in a quantitative sense. 
The assumed dynamic loading cycle is not meant to represent a particular 
physiological activity like walking or stair climbing. It is a combination of the hip 
joint load during the stand phase of walking (loading case 1), and two extreme 
loading cases that might occur (Carter et al. 1989). Hence, the loading cycle 
represents the complete envelope of possible daily hip joint loading, and the 
calculated relative displacements may be regarded as representative for the 
maximum daily amplitude. Of course, other loading cycles are conceivable, such 
as one simulating an activity like walking. Although choosing another loading 
cycle will no doubt change the values that were found, it probably will not 
significantly influence the mechanisms. Nevertheless, these main assumptions and 
limitations should be born in mind when considering the results. 
We compared the results of the model to those obtained from laboratory 
experiments employing a dynamic loading cycle (McKellop et al. 1991, Schneider 
et al. 1989, Sharkey et al. 1991). The general mechanism of a gradual increase of 
the prosthetic subsidence towards a 'steady state', as found by using the frictional 
interface, is also found in experimental studies (McKellop et al. 1991, Schneider et 
al. 1989, Sharkey et al. 1991). Compared to the behavior as simulated by using 
friction, the assumption of a frictionless interface leads to a deviation from these 
experimental results, and therefore produces less realistic results. Although the 
inclusion of interface friction yields a realistic mechanism, the differing loading 
cases, geometries and materials that were used, and the simplicity of the model, 
make it hard to compare the values of subsidence and dynamic motions obtained 
here to experimentally determined values. Especially the value of prosthetic 
subsidence towards a steady state is difficult to compare, even when loading cases, 
geometries and materials would correspond. In our study, we assumed a precise 
initial fit between prosthesis and bone, which is absent in the experiments. Hence, 
in the model subsidence is primarily caused by straining of the bone in 
circumferential direction, which means by straining of the side-plate. In practice, it 
is almost impossible to prepare a precise fit (Noble et al. 1988, Schimmel et al. 
1988), even when using a synthetic femur (McKellop et al. 1991). For this reason, 
subsidence in the experiments is not only caused by straining, but also by 'seating' 
of the implant, which means that local voids or 'gaps' between bone and implant 
are closed by impacting the bone. Unless these two effects can be separated, a 
good comparison between experiment and model will be in vain. 
The amplitude of the cyclic interface micro-motions in the steady state may be 
less sensitive to this mechanism. Because the actual relative motions at the 
interface can not be determined in experimental models, we will compare the 
amplitude of the gross motion, which is the amplitude of the cyclic motion of the 
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proximal side of the prosthesis relative to the greater trochanter. In our study, the 
titanium stem generated gross motions of 59-66 μπι assuming an interface with 
friction, and of about 500 μπι when assuming a frictionless interface (Fig. 4). In 
experiments, McKellop et al. (1991) found values between 20 and 50 μπι, and 
Sharkey et al. (1991) found values between 10 and 110 μπι. 
An advantage of FEM-modeling is the possibility to determine the relative 
motions between prosthesis and bone at the location where they matter, i.e. at the 
bone/implant interface. The amplitude distribution of the interface motions reveals 
details that remain hidden when only the gross amplitude were known. As for the 
relatively stiff titanium prosthesis, it appears that the amplitude of the interface 
movements at the proximo-lateral interface is clearly below that at other parts of 
the interface (Fig. 4). This small proximo-lateral amplitude is probably enabled by 
the large bulk of flexible cancellous bone adjacent to the proximo-lateral interface. 
The frictional shear stresses suffice to deform the cancellous bone in axial 
direction, hence there are no relative displacements at the interface. Assuming that 
smaller micro-motions facilitate bony ingrowth into a coated stem, the results 
suggest the hypothesis that initially, bone ingrowth will occur at the proximal 
lateral interface, rather than in other parts. Studies of early retrieved prostheses, 
which show that first ingrowth is generally found proximo-laterally (Collier et al. 
1988), support this hypothesis. 
The mechanism that ensures small proximo-lateral interface motions around the 
stiff implant, does not suffice to accomplish the same result around the flexible 
implant, although the normal interface stresses (and hence the frictional shear 
stresses) are even higher (Fig. 7). This inadequacy is caused by the large 
amplitude of the motion of the proximal part of the prosthesis, relative to the 
proximal cortical bone. This amplitude is represented by the gross motion of the 
prosthesis. For the flexible prosthesis, it is about 140 μπι, which is three times 
larger for the stiff prosthesis. The deformation of the proximal cancellous bone 
does not suffice to bridge this cyclic displacement difference. It is remarkable that 
the difference between gross motion amplitude and interface motion amplitude is 
about equal for both types of implants (±50 μπι), suggesting that the cancellous 
bone can bridge cyclic displacement differences of about 50 μπι. 
The relatively large proximal motions that are generated by the iso-elastic 
implant will probably prevent bony ingrowth into coated iso-elastic implants. When 
ingrowth fails, or when a coating is not present, the prosthesis will function as a 
press-fitted implant, surrounded by a fibrous tissue layer (Spector 1988). Such a 
layer will ensure a very low coefficient of friction. However, even when a low 
:oefficient of friction is assumed (μ=0.15), the cyclic interface movements around 
the flexible implant are still substantially larger than those around the relatively 
stiff implant (Fig. 4). When the amplitude of relative motions influences the 
biological stability of the interface, the present results suggest that the clinical 
performance of a press-fitted flexible implant will be inferior compared to that of a 
press-fitted stiff implant. The difference in interface motion amplitude may partly 
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explain the high early failure rate of the 'iso-elastic' RM-prosthesis, as compared 
to stiffer designs (Jakim et al. 1988). 
Inclusion of contact friction does not affect subsidence towards the steady state 
and the interface stress patterns to the same extent as it affects the cyclic interface 
motions. Increasing the coefficient of friction does reduce stem subsidence and 
normal interface stresses, but compared to the influence on cyclic interface 
motions, the effects are less pronounced. The interface stress patterns are not 
affected and remain characterized by their relatively homogeneous distribution. 
The relatively small effect of friction is due to our inclusion of a dynamic loading 
cycle. Essentially, an unbonded prosthesis can be considered as a taper which is 
placed inside a ring of bone (comp. Huiskes 1990). When loaded axially, the taper 
sinks into the bone, thereby straining the bone circumfercntially and generating 
interface stresses (Fig. 9). Without friction, no shear stresses are possible, and the 
axial load of the taper must be balanced by the vertical component of the interface 
normal stresses (Fig. 9.a). These normal stresses are caused by the straining of the 
bone, and hence depend on the subsidence of the taper. When interface friction is 
present, interface shear stresses are generated, which are linearly related to the 
interface normal stresses through the coefficient of friction μ. These shear stresses 
significantly contribute to balancing the axial load, in particular when the taper 
angle is small (Fig. 9.b). As a consequence, smaller interface normal stresses 
arerequired, and the taper subsidence will be less. However, the direction of the 
frictional interface shear stress depends on the direction of the relative 
displacement between bone and prosthesis. When the taper load is allowed to vary 
its direction, the taper sides tend to move in an opposite direction. As a 
:onsequence, the interface shear stresses will have an opposite direction, and 
therefore contribute less to balancing the taper load (Fig. 9.c). Hence, a dynamic 
load will drive the taper further into the bone than a static load does, thereby 
partly compensating the effect of friction. 
As for the unbonded prostheses, not only the influence of friction, but also the 
influence of stem stiffness on subsidence and stresses is moderate. In fact, the 
subsidence towards the steady state and the interface stress patterns hardly depend 
эп the stem stiffness. Compared to the titanium stem, the iso-elastic stem migrates 
slightly further, and generates somewhat larger proximal and smaller distal 
interface stresses. This difference is retained, irrespective of the coefficient of 
friction that is assumed. The larger subsidence can be understood when the 
prosthesis is considered as a taper inside a bony ring (Fig. 9). As explained 
before, sinking of the taper into the bone causes straining of the bone and 
generates interface stresses. However, these interface stresses will also compress 
the prosthesis. The more flexible the prosthesis, the more compressed it will get, 
and the further it will sink. As a consequence, somewhat higher proximal interface 
stresses are generated. 
When the prosthesis is fully bonded to the surrounding bone, the prosthetic 
stiffness significantly affects the value of the peak interface stresses (Figs. 7 and 8). 
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Figure 9 Schematic representation of the interface stress distribution around a straight taper (a) 
No friction between bone and taper is assumed. The taper is only supported by the vertical 
component of the interface normal stress an (Ы Friction between bone and taper is assumed 
The taper is supported by the summed vertical components of the interface normal stress σ
η
 and 
the interface shear stress rs (c) The effect of a tilted load. The tilted load tends to rotate the 
taper As a consequence, the interface movements at both sides will have an opposite direction, 
and also the interface shear stresses τ will be directed opposite The net axial reaction force, 
which is the sum of the sum of the vertical components of interface normal and shear stress, is 
therefore less, and the taper will be driven further into the bone. 
The magnitude of the effect is on the order of the effect of the prosthetic stiffness 
on the interface motions when interface friction is assumed (Fig. 4). It suggests 
that a relation might exist between the size of the interface (peak) stresses around 
the fully bonded prosthesis and the amplitude of the interface motions of the 
unbonded prosthesis. The interface stresses (particularly the shear stresses) around 
the bonded stem reflect the stresses that are needed to keep the prosthesis from 
moving relative to the bone, whereas the interface shear stresses around the 
unbonded stem represent the maximum shear stresses that can be generated by 
friction. In this respect, the frictional interface stresses can be considered as the 
'interface strength'. When the interface stresses that are generated by the bonded 
prosthesis exceed the 'interface strength', 'debonding' of the interface will occur, 
which means that the prosthesis will move relative to the prosthesis. The 
distribution of the interface normal stresses around an unbonded stem varies only 
little with varying stem stiffness. As a consequence, the maximal frictional shear 
stresses (the 'interface strength') will also vary only little when the stem stiffness 
is varied. A higher interface shear stress around the bonded stem might therefore 
be indicative for a larger probability of interface motion to occur. Yet, such a 
mechanism does not necessarily give an indication about the magnitude of the 
movements. A comparison of proximal and distal stresses and movements supports 
this statement. The titanium stem generates much higher interface stresses distally 
than the 'iso-elastic' stem does proximally. Still, the dynamic interface movements 
around the distal part of the titanium stem are lower than those around the 
proximal part of the 'iso-elastic' stem. It therefore seems that there is no simple 
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relation between the amplitude of the dynamic interface motions and the level of 
the interface (peak) stresses around the bonded stem. 
A comparison of the deformation mode of the two stems may clarify this 
discrepancy. When the stem is stiff relative to the bone, the deformation of the 
entire configuration is mainly determined by the deformation of the prosthesis. In 
other words, the bone deformation follows more or less 'passively' the 
deformation of the prosthesis. Because a stiff prosthesis will deform only little 
during the loading cycles, the bone around the stem remains relatively 
undeformed, except for the bone at the distal tip (see also Fig. 10.a and 10.b). At 
the distal tip, a 'deformation gap' must be bridged. As a consequence, the 
interface movements around the tip of the stem will be relatively large as 
compared to the remainder of the stem where the relative movements will be 
small. When the stem is flexible relative to the bone, the deformation of the entire 
configuration is mainly determined by the deformation of the bone. In other 
words, the stem deformation follows more or less passively the deformation of the 
bone. Only at the proximal end, the joint load will cause the prosthesis to deform 
much as compared to the bone (see also Fig. 10.a and lO.c). Here, a 'deformation 
gap' must be bridged, comparable to the situation around the distal tip of the stiff 
stem. As a consequence, the interface movements at the proximal end of a flexible 
stem will be large as compared to those at the remainder of the stem. 
Figure 10 (a) The 'natural' bending deformation of a long bone, (b) Insertion of a relatively stiff 
prosthesis restrains the deformation around the prosthesis. Especially at the distal end of the 
prosthesis (arrows), the bone will move relative to the prosthesis as a result of the dynamic 
loading, (c) When a relatively flexible prosthesis is inserted, the deformation of the prosthesis is 
restrained, rather than the deformation of the bone. Especially at the proximal end (arrows), the 
prosthesis will move relative to the bone 
The above consideration is based on more extreme prosthesis/bone bending 
stiffness ratios than our FEM-models are based on. Yet, the results of the interface 
motion simulation do correspond to this scheme. Around the flexible 'iso-elastic' 
stem, the proximal interface motions arc large relative to the distal motions, 
whereas around the stiffer titanium stem the distal interface motions are relatively 
larger. This behavior is also reflected by the interface stresses around the bonded 
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stem. Relatively stiff prostheses require large distal interface stresses to overcome 
the distal 'deformation gap' and bond the bone to the prosthesis, whereas relatively 
flexible prosthesis require large proximal interface stresses to overcome the 
proximal 'deformation gap'. But why are the interface movements largest 
proximally around the flexible stem, whereas the interface stresses are largest 
distally around the stiff stem? The first part of this question can be answered by 
comparing the extent of the proximal and distal 'deformation gaps'. The 
'deformation gap' at the distal tip of the stiff prosthesis or at the proximal end of 
the flexible prosthesis will have a magnitude in the range of the sum of the 
deformation of the bone and the deformation of the prosthesis. Around the stiff 
stem, this sum is probably smaller than around the flexible stem, and hence the 
interface movements are likely to be smaller distally around the stiff stem than 
proximally around the flexible stem. When we consider the interface stresses 
around the bonded stem as the stresses that are required to bridge the 'deformation 
gap', it will be clear that these stresses do not necessarily correlate to the relative 
interface movements. After all, the stresses will be in the range of the product of 
'deformation gap' and stiffness. As stated above, the 'deformation gap' and 
stiffness are more or less inversely related, which makes it difficult to say 
something significant about their product. 
Summarizing, the following general conclusions can be made. The effect of 
friction. The presence of friction has a relatively large influence on the amplitude 
of the cyclic interface motions, and a relatively small influence on the subsidence 
of the prosthesis and the stress distribution at the interface between bone and 
prosthesis. 
The modeling of interface friction is required for a realistic representation of 
dynamic interface motions. When the main interest is to represent the interface 
stress distribution, the modeling of interface friction can be omitted. The effect of 
prosthetic stiffness. As for an unbonded prosthesis, the prosthetic stiffness does 
hardly affect prosthetic subsidence and the interface stress distribution. On the 
other hand, the effect of the prosthetic stiffness on the distribution of the cyclic 
interface motions is considerable. The flexible stem generates larger motions 
proximally, whereas the stiff stem generates larger motions distally. Of the two 
stems, the flexible stem generates the largest cyclic motions. As for a bonded 
prosthesis, the prosthetic stiffness considerably affects the distribution of the 
interface stresses. The flexible stem generates larger stresses proximally, whereas 
the stiff stem generates larger stresses distally. Of the two stems, the stiff stem 
generates the largest stresses. The relation between cyclic interface motions around 
the unbonded stem and interface stresses around the bonded stem. The location 
(proximal vs. distal) of the highest interface peak stress around the bonded stem 
corresponds to the location of the largest amplitude of the cyclic interface motion 
around the unbonded stem. There is, however, not a direct relation between the 
value of the highest interface stress peak and the magnitude of the cyclic interface 
motions. 
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Chapter 7 
Contradiction 
that the Opposite of an Introduction, my dear Pooh, was a Contradiction, 
(A A Milne, The house at Pooh Comer) 
When beginning a doctoral research project, one has an enormous amount of time 
ahead to work at ones project At the end, however, one is left with the feeling that 
only half that enormous amount of time was available Even worse, one has stumbled 
on the strange contradiction that research answers questions by posing new ones The 
last chapter of a thesis is therefore always a contradiction It may mark the end of the 
project, but is never the end of the research 
We started the project to answer the question whether a material with non-
homogeneous elastic properties enables to design cementless hip stems which reduce 
the amount of bone loss without increasing the probability of interface failure, as 
compared to a stem from a conventional homogeneous material We used 
mathematical methods to answer this question, since they easily allow parametric 
design variations We developed a design optimization scheme to find our way 
through the many different ways to distribute non-homogeneous elastic properties 
inside a hip stem This scheme searches the best way to distribute elastic properties 
inside the stem By comparing the probable performance of the 'optimal' stem and 
conventional stems, one can assess the benefits of a non-homogeneous material 
The optimized distributions of the elastic properties demonstrate that a hip stem 
can realize both design objectives The prosthesis which answers the requirements is 
short, and stiff relative to cortical bone In addition, it has a receding distal Young's 
modulus We used bone-implant models of varying sophistication Yet, each model 
led to an optimal prosthesis which appeared similar This steadiness bears out the 
significance of our finding. We also demonstrated that a hip stem made from a 
homogeneous material can probably not realize both objectives in a comparable way 
These results demonstrate the potential of numerical design optimization methods 
as a design tool for orthopaedic implants, and in fact as a general design tool These 
methods provide the possibility to make full use of all current theoretical mechanical 
knowledge One should not consider the optimal designs as 'the' optimal designs 
which one should try to reproduce in reality. Our current knowledge of relevant 
aspects, let alone the state of its mathematical modeling, docs not allow such an 
application It is mcomplete and of a qualitative nature only Yet, by using a design 
optimization method, one can demonstrate the inadequacy of traditional solutions, as 
compared to alternative designs. As a consequence, one is enforced to reflect on 
current implant designs, and to consider the alternative designs This is particularly 
useful where a design conflict exists, such as the example treated m this thesis 
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We used two criteria to compare different stem designs. The first criterion is the 
amount of bone loss to be expected due to the stress-shielding effect of the implant. 
Ibis criterion represents the prospects for a successful revision arthroplasty, which 
benefits by a good bone stock. The second criterion reflects the level of the 
mechanical load at the interface between bone and prosthesis. This criterion represents 
the probability of interface failure, the main cause of implant failure (chapter 1). In 
this context, interface failure stands for thigh pain and fracture of the interface. A 
good prosthesis achieves a satisfactory balance between the two criteria. It minimizes 
the probability of failure, without sacrificing the prospects for a successful revision 
arthroplasty in case the prosthesis does fail. Compare it to a ship: the probability it 
sinks must be minimized, but it should also be provided with enough life boats. 
One might criticize the way we implemented these criteria into the mathematical 
Dbjective functions as used by the optimization scheme. We have validated our 
method of assessing the amount of bone loss due to stress shielding by comparing it 
to mathematical simulations of the resorption process. These simulations in their tum 
dave been validated by a comparison to animal experiments. Hence, this aspect seems 
to be represented well. 
Our method of assessing the probability of interface failure may be more 
questionable. We assumed that the level of the interface load between bone and 
prosthesis reflects the probability of failure. As argued in chapter 1, this assumption 
is probably valid when the implant is fully bonded to the surrounding bone. This 
bonded state applies during the larger part of the prosthetic life. However, we only 
partially took into account the directly post-operative phase, when bone ingrowth must 
take place. Bone ingrowth is probably inhibited by large relative movements between 
bone and prosthesis due to the varying joint load (see also chapter 1 and 6). The 
implant stiffness probably has a large influence on the interface motion amplitude 
(chapter 6). The level of the interface stresses does not necessarily reveal the interface 
motion amplitude to be expected (chapter 6). Therefore, we should integrate these 
motions into a separate objective function to properly assess of the failure probability. 
It is difficult to assess how this would affect the optimal stiffness distributions. It 
might tum out that only a long and stiff stem can provide the initial stability which 
is needed to ensure sufficiently small interface movements. This would imply that a 
drastic reduction of the amount of bone loss would require a simultaneous increase 
af the interface failure probability. In that case, the only thing left would be to search 
for the shortest stem length and smallest bending stiffness needed to limit interface 
motions. 
A second criticism on our method of assessing the interface failure probability 
might be that we limit ourselves to the interface stress state of the initial situation. In 
the course of time, the bone remodeling process will change the bone density pattern 
around the implant. As a consequence, the interface stress state will change as well. 
Die prosthesis was optimized with respect to the initial stress state, and will therefore 
lot be optimal with respect to this changed stress state. However, it is still an open 
question whether the density changes around the implant lead to a less favorable 
interface stress state. Weinans et al. (1992) demonstrated that remodeling causes a 
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decrease of the interface peak stresses, and hence an improvement of the stress state. 
Engh et al. (1992) observed that the proximal trabecular bone adjacent to the implant 
densified, whereas the proximal cortical shell became thinner or even disappeared. 
Huiskes et al (1992) found the same phenomenon in a simulation of the remodeling 
process. As proposed in this thesis, the strength of the interface is probably related 
to the density of the adjoining bone (chapter 1, chapter 5). It might therefore be that 
adaptive remodeling increases the interface strength, and thus decreases the failure 
probability. We need a better understanding of the consequences of adaptive 
remodeling on the interface failure probability, before it is possible to answer this 
criticism more definitely. 
A practical realization of a hip stem whose mechanical behavior is comparable to 
that of the optimized stems can possibly do without sophisticated composite materials. 
As mentioned above, the stem should be short, relatively stiff compared to the 
surrounding bone, and should have a receding distal modulus. Only the realization of 
the last of these features requires inhomogeneous elastic properties. Yet, one might 
achieve a similar effect by using two parts for making the stem: a stiff interior part 
and a more flexible coating. By varying the thickness of both parts relative to each 
other, one controls the bending stiffness of the complete design. Hence, the stiff 
interior part should have a large diameter proximally, and should strongly taper 
distally. In fact, one might take it to be a 'pre-cemented' stem, which resembles the 
optimized cemented stem geometry found by Huiskes and Boeklagen (1989). One 
might even consider to leave out the flexible coating, and simply provide the short 
stem with a strongly tapered distal end. In this light, it is interesting to compare the 
optimized distribution of elastic properties as found in this thesis (chapter 5) to the 
geometry of the Mayo hip implant (Money 1989). The Mayo implant has a very short 
stem, and a very small diameter distally. The geometry of this implant embodies the 
optimal property distributions found. Its clinical performance may therefore be 
indicative for the practical value of these distributions. The first short-term results 
reported by Morrey (1989) are encouraging. 
As demonstrated in this thesis, we can largely solve the design conflict between 
reducing proximal bone loss and minimizing the probability of interface failure. Still, 
compared to a traditional long homogeneous implant the proximal interface stresses 
do rise, which may slightly increase the failure probability. More importantly, as 
argued above, the need to resist relative motions at the bone-implant interface may 
prevent a substantial reduction of the amount of bone loss. Further research should 
address whether this conflict between initial stability and future revision prospects 
really exists. If it does, clinicians will be confronted with questions like 'What would 
be preferable: hundred prostheses from which one will not become ingrown, but 
which will cause ten percent of the bone mass to be resorbed, or hundred prostheses 
from which five will not become ingrown but which will cause only five percent of 
the bone mass to be resorbed'. In order to answer such a question, we must find the 
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relation between the quality of the bone stock and the durability of the revision 
prosthesis. 
Λ second aspect which deserves further attention is the clinical effect of adaptive 
bone density changes. As argued above, adaptive bone remodeling may well reduce 
the probability of interface failure, rather than increase it. To investigate this aspect, 
one might use mathematical simulations of the remodeling process. The strength of 
the interface might be assessed by using the method developed in this thesis, namely 
to base it on the strength of the adjoining bone. 
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Summary 
In this thesis, a method is developed to determine improved cementless hip stem 
designs, as compared to current prosthetic designs. Usually, a cementless prosthesis 
is made from a homogeneous material. The method however assumes that a material 
exists which allows any arbitrary non-homogeneous distribution of elastic properties. 
One can therefore characterize a stem design by its specific distribution of elastic 
properties. Comparing and estimating the probable value of various stem designs 
requires criteria. Here, mechanical criteria are used. They are formulated in chapter 
1. This chapter discusses present knowledge on cementless prosthetic failure as far 
as connected with mechanical causes. The conclusion is that a hip stem should be 
bonded to the surrounding bone, and in addition must answer two conflicting 
demands. On the one hand, proximal bone stresses should be high enough to limit 
proximal bone loss. Yet, these high proximal bone stresses should not be coupled with 
an unacceptable increase of interface stresses at the proximal interface between bone 
and implant. 
A numerical design optimization scheme serves as a tool to find the prosthetic 
design which meets these demands best. The scheme is developed in chapter 3. It 
combines a Finite Element (FE) routine and an optimization routine. The FE-routine 
calculates stresses and strains inside the bone around a specific hip stem design, and 
at the interface between bone and implant. By themselves, these stresses and strains 
do not give a good impression of the probable performance of the prosthesis. 
Therefore, these stresses and strains are translated into quantities that allow a more 
readily interpretation. Chapter 2 describes how the amount of bone loss can be 
assessed by comparing the strain energy density distributions of the 'healthy' non-
aperated femur and the operated femur with implant. This method is reliable and 
îfficient. Chapters 3 and 5 describe how the stresses at the interface between bone 
and implant can be rendered into a single number which gives a qualitative assessment 
af the interface failure probability. It involves the weighted summation of the failure-
ratio along the interface. The failure ratio is the quotient of interface stress and 
interface strength, whereby the interface strength is based on the strength of the bone 
adjoining the interface. Hence, a single FE-calculation yields the amount of bone loss 
and a qualitative assessment of the interface failure probability for a specific hip stem 
design. 
The optimization routine is used to automatically generate, evaluate and improve 
prosthetic designs (i.e. non-homogeneous distributions of elastic properties). The 
above mentioned methods to determine the amount of bone loss and the interface 
Failure probability are used to evaluate the quality of each prosthetic design. The 
abjective of the optimization process is to find the prosthetic design with the smallest 
probability of interface failure, while limiting bone loss to a given value. To identify 
quickly where and how the design should be changed, analytical design sensitivities 
are calculated using the adjoint variable method (chapter 3). It drastically enhances 
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the performance of the optimization scheme and even allows application of three-
dimensional FE-models that require much computing-time (chapter 5). 
The design optimization scheme is applied relative to FE-models of the bone-
implant configuration with increasing sophistication. In chapter 3, a simplified two-
dimensional model is used, in chapter 4 a more realistic two-dimensional model, and 
in chapter 5 a three-dimensional model is used. Yet, similar optimal distributions of 
elastic stem properties are found, which show a consistent pattern. The optimal 
prosthesis is short, and relatively stiff as compared to cortical bone. In addition, it has 
a decreasing distal Young's modulus. Insertion of such a hip stem will reduce proxi­
mal bone loss without significantly increasing the probability for interface failure, as 
:ompared to current cementless prosthetic designs. 
As discussed in chapter 1, the prosthesis should be bonded to the bone. Yet, upon 
implantation the prosthesis is not bonded. In order to reach the bonded state, the 
varying joint load should not generate large cyclic movements between bone and 
prosthesis. In chapter 6, the FE-method is applied as a tool to analyze the cyclic 
interface movements, and to investigate their relation to the prosthetic stiffness and 
the interface stresses. The conclusion is that the stem stiffness has a large influence 
эп the amplitude of the cyclic relative movements, whereby a flexible prosthesis 
generates significantly larger movements than a stiff prosthesis. There is however no 
straightforward relation between the amplitude of the cyclic movements and the level 
3f the interface stresses. One can therefore not assume beforehand that a prosthesis 
which generates small interface stresses does also generate small cyclic interface 
movements. 
Samenvatting 
In dit proefschrift wordt een methode beschreven om ongecementeerde heup-
prothesen te ontwerpen die beter functioneren dan de gangbare ontwerpen. 
Gewoonlijk is een prothese gemaakt van één materiaal met homogene elastische 
eigenschappen. Daarentegen is het uitgangspunt van de hier gepresenteerde 
methode dat er een materiaal bestaat waarvan de elastische eigenschappen op elke 
willekeurige wijze verdeeld kunnen worden. Dit houdt in dat een prothese-ontwerp 
wordt gekarakteriseerd door de precieze verdeling van de elastische eigenschappen. 
Om verschillende prothese-ontwerpen te waarderen en met elkaar te vergelijken 
zijn criteria nodig. In dit proefschrift worden hiervoor mechanische criteria 
gebruikt, die worden geformuleerd in hoofdstuk 1. Dit eerste hoofdstuk bespreekt 
het huidige inzicht in het falen van ongecementeerde prothesen, voor zover 
gerelateerd aan mechanische factoren. De conclusie is dat de prothese volledig aan 
het bot gehecht zou moeten zijn. Daarnaast moet hij ook nog voldoen aan twee 
tegenstrijdige eisen. De proximale botspanningen moeten voldoende hoog zijn om 
proximaal botverlies te voorkomen. Maar deze hoge proximale botspanningen 
mogen niet gepaard gaan aan een onaanvaardbare stijging van de spanningen op 
het proximale grensvlak van bot en prothese. 
Het prothese-ontwerp dat het best aan deze criteria voldoet wordt bepaald met 
een numeriek ontwerp-optimalisatie programma dat in dit proefschrift wordt 
ontwikkeld (hoofdstuk 3). Dit programma is een combinatie van een Eindige 
Elementen (ЕЕ) programma en een optimalisatie-programma. Het EE-programma 
berekent de spanningen en rekken in het bot om een bepaalde prothese, en op het 
grensvlak. Op zich geven deze spanningen en rekken nog geen goed beeld van de 
te verwachten prestatie van de prothese. Er zijn dus methoden ontwikkeld om deze 
spanningen en rekken in eenvoudiger te begrijpen maten te vertalen. Hoofdstuk 2 
beschrijft hoe de hoeveelheid botverlies om een prothese kan worden geschat door 
de rek-energie in een 'gezond' niet-geopereerd dijbeen te vergelijken met de rek-
energie in een geopereerd dijbeen met prothese. Aangetoond wordt dat deze 
methode betrouwbaar en efficiënt is. De hoofdstukken 3 en 5 beschrijven hoe de 
spanningen op het grensvlak tussen bot en prothese kunnen worden omgezet in één 
enkel getal dat een kwalitatieve maat is voor de kans op grensvlak-falen. Het 
behelst de gewogen sommatie van de faal-ratio langs het gehele grensvlak. De faal-
ratio is de verhouding van de spanningen op en de sterkte van het grensvlak. De 
strekte van het grensvlak wordt bepaald aan de hand van de sterkte van het naast-
gelegen bot. Één enkele EE-berekening levert dus zowel de hoeveelheid te ver-
wachten botverlies als een kwalitatieve maat voor de kans dat het grensvlak faalt 
voor een bepaald prothese-ontwerp. 
Het optimalisatie-programma wordt gebruikt om automatisch prothese-
ontwerpen te genereren, te evalueren en te verbeteren. Het doel van het optimali-
satie-proces is die prothese te vinden waarbij de kans dat het grensvlak faalt 
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minimaal is terwijl het botverlies binnen een vooraf bepaalde grens blijft. Om snel 
vast te stellen waar en hoe het prothese-ontwerp moet worden veranderd, is 
analytisch bepaald hoe een verandering in het ontwerp doorwerkt in de hoeveelheid 
botverlies en de kans dat het grensvlak faalt. Hierbij is gebruik gemaakt van de 
adjoint-variable methode (hoofdstuk 3). Op deze manier wordt de prestatie van het 
optimalisatie-programma flink verbeterd, zodat zelfs drie-dimensionale EE-
modellen die veel rekentijd nodig hebben kunnen worden gebruikt (hoofdstuk 5). 
Het optimalisatie-programma wordt toegepast op EE-modellen van bot-prothese 
configuraties met toenemende verfijning. In hoofdstuk 3 wordt een sterk vereen-
voudigd twee-dimensionaal model gebruikt. In hoofdstuk 4 wordt een meer 
realistisch twee-dimensionaal model en in hoofdstuk 5 een drie-dimensionaal model 
gebruikt. Toch vertonen de optimale verdelingen van de elastische eigenschappen 
een consistent patroon. De optimale prothese is kort en relatief stijf vergeleken met 
corticaal bot. Bovendien heeft de stijfheid distaal een geleidelijk lager wordende 
waarde. Vergeleken met de gangbare ongecementeerde prothesen zal het gebruik 
van zo'n korte prothese leiden tot een duidelijke vermindering van het proximale 
botvcrlies, terwijl de kans dat het grensvlak faalt nauwelijks stijgt. 
Zoals in hoofdstuk 1 wordt besproken zou een prothese vast met het bot 
verbonden moeten zijn. Maar als een ongecementeerde heupprothese net is 
geïmplanteerd zit hij los. Om vast te raken moeten de cyclische bewegingen tussen 
prothese en bot, die de wisselende gewrichtskracht veroorzaakt, klein blijven. In 
hoofdstuk 6 wordt de EE-methode gebruikt om deze cyclische bewegingen te 
analyseren, en om hun relatie te onderzoeken met de stijfheid van de prothese en 
de spanningen op het grensvlak tussen bot en prothese. De conclusie is dat de EE-
methode een geschikt gereedschap voor zo'n soort analyse is. De stijfheid van de 
prothese blijkt van groter invloed op de amplitude van de cyclische relatieve 
bewegingen. Een flexibele prothese genereert beduidend grotere bewegingen dan 
een stijve prothese. Maar er is geen duidelijke relatie tussen de amplitude van de 
relatieve bewegingen en de hoogte van de spanningen op het grensvlak. Het staat 
dus niet bij voorbaat vast dat een prothese die lage grensvlak-spanningen genereert 
ook kleine relatieve bewegingen genereert. 
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STELLINGEN 
I Voor een schatting van de te verwachten hoeveelheid botverlies rond een vaste 
heupprothese door mechanische onderbelasting volstaat een vergelijking van de 
inwendige botbelasting voor en na de operatie (Hoofdstuk 2). 
Π Lagere schuifspanningen op de grens van bot en prothese in vastgegroeide toestand 
duiden niet noodzakelijkerwijs op kleinere relatieve bewegingen tussen bot en prothese 
in losse toestand (Hoofdstuk 6). 
ΠΙ Vanwege de sterk nadelige gevolgen van relatieve bewegingen tussen bot en prothese 
op het klinische resultaat dient een ongecementeerde heupprothese over zijn hele 
oppervlak vast te groeien (Hoofdstuk 1). 
IV Vergeleken met de situatie kort na botmgroei leidt het proces van adaptieve 
botremodellering rond heupprothesen meestal niet tot een grotere maar tot een kleinere 
kans op mechanisch falen van de verbinding tussen bot en prothese. 
V Het is zeer wel mogelijk een ongecementeerde heupprothese te maken die voldoet aan 
de twee eisen van een gering botverlies en een kleine kans op falen van de verbinding 
tussen bot en prothese (Dit proefschrift). 
VI De steel van een heupprothese is slechts nuttig tijdens de ingroei-fase; daarna zou hij 
mogen verdwijnen. 
П Omdat kunstheupen betere resultaten leveren als ze geïmplanteerd en beoordeeld 
worden door hun ontwerper zou elke orthopeed een eigen prothese moeten ontwerpen. 
Ш Het is merkwaardig dat een overheid die klaagt over het bestaan van 'calculerende 
burgers' zich tevens zorgen maakt over de slechte kwaliteit van het rekenonderwijs. 
IX Financiële druk bracht ons de 'echte minima' en de 'echte vluchtelingen'. Gezien de 
roep om bezuiniging op de kosten van de gezondheidszorg zal de verschijning van de 
'echte patiënten' niet lang meer op zich laten wachten. 
X Gaven ooit Van Kooten en De Bie een satire op de Nederlandse samenleving, 
tegenwoordig is de Nederlandse samenleving eerder een satire op Van Kooten en De 
Bie. 
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